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Total hip replacement (THR) is one of the most successful and most frequently
performed operations. For most implants the published rate of revision at 10 years is
less than 10%. However the revision rates are higher for younger and more active
patients who are likely to outlive their implants.
The most frequent cause of THR failure is aseptic loosening, commonly accompanied
by bone loss at the implant site. THR revisions give worse functional results and fail
sooner than primary THR and are complicated by this loss of bone stock.
A resurfacing hip prosthesis replaces the diseased surface layer of bone and cartilage
and retains the majority of the femoral head. The stress distribution in the proximal
femur is closer to that in an intact hip. A conservative resurfacing prosthesis will
present the surgeon with no greater problems at revision than encountered at primary
conventional 11-JR.
Early designs of resurfacing prosthesis conserved femoral bone stock at the expense
of acetabular bone. Revision rates were high and while some failures were caused by
avascular necrosis and femoral neck fracture the predominant cause was acetabular
loosening.
The design of a bone conserving prosthesis requires knowledge of the shape of the
bony surfaces of the hip joint. A survey of the morphology of the acetabulum showed
a wide variation in shape. While early resurfacing designs had hemispherical
acetabular cups the bony surface is less than hemispherical. The morphology and
desired range of hip motion constrain prosthesis thickness and shape.
A novel resurfacing design using a polyacetal femoral component and an UHMWPE
acetabular component is proposed. This bearing combination has a lower volumetric
wear rate than an equivalent Co-Cr on UHWMPE bearing. Computer modelling of the
resurfacing concept showed that lower moduli materials reduced stress shielding and
distributed implant-bone interface stresses more evenly. Mechanical testing of
polyacetal following immersion in Ringer's solution showed substantial decreases in
Young's modulus while strength was unaffected.
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Morphology is not only a study of material things and of the forms of material things,
but has its dynamical aspect, under which we deal with the interpretation, in terms of
force, of the operations of Energy.
D'Arcy Wentworth Thompson
On Growth and Form
"Look," said Zaphod. "I'm up to here with cool, OK? I am so amazingly cool you
could keep a side of meat in me for a month. I am so hip I have difficulty in seeing
over my pelvis."
Douglas Adams
The Restaurant at the End of the Universe
111
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1. Introduction
The first double cup resurfacing hip replacement, made of polytetrafluoroethylene
(PTFE), was implanted by Sir John Charnley (1961). The double cup replacement was
a development of the Smith-Petersen interposition arthroplasty (Smith-Petersen,
1948), a single Co-Cr cup placed between the diseased surfaces of the hip joint.
The use of PTFE in hip replacement gave poor results and this may have prejudiced
Charnley against the double cup concept. He went on to develop the stemmed hip
replacement which has become the gold standard for hip prostheses. Resurfacing
replacement became popular in the early 1 970s, but poor outcomes led to its being
abandoned in all but a few centres by 1980. Recently resurfacing has undergone a
revival with the introduction of new materials and production techniques. Currently at
least four different devices are being implanted.
Compared with conventional stemmed total hip replacement (THR) the concept of
resurfacing is attractive. Only the diseased bone and cartilage at the joint surface is
replaced and the sound, undiseased bone of the femoral head and neck is retained.
Load is transferred to the femur proximally through the trabecular and cortical bone of
the femoral neck rather than distally through a stem in the medullary canal.
The design process for a new medical device is long and complex (Yamac et a!.,
1999). The literature on similar devices must be examined. The failures and successes
of previous implants and the reasons behind them will inform and guide the design of
a new device. If the device is to use new materials then these materials must be
evaluated both for the function they are to perform and for their interaction with the
human body.
The ability of the device to perform its function must be assessed. At the early stages
of development many different designs can be evaluated with the use of computer
modelling. Before clinical trials can begin,results obtained from computer simulation
must be validated with the testing of prototype devices both in vitro and in vivo.
This thesis aims to present and support a proposal for a novel design of hip
resurfacing. To achieve this aim the first requirement is to catalogue previous designs
of resurfacing hip replacement. Design features, materials, methods of fixation and
outcomes are documented for 15 different implants. Comparisons of rates of revision
9
and modes of failure are made between resurfacing designs and between resurfacing
and conventional THR.
The resurfacing literature survey identifies the conservation of acetabular bone as an
important issue. Conservation is to be achieved through a better understanding of
acetabular shape. Therefore the second requirement is to measure the shape of the
acetabulum. Geometric parameters of interest are defined and a study determining
their values in a population of hemi-pelves is presented.
The third requirement is to compare the mechanical behaviour of a new design with
other resurfacings and conventional hip replacement. Computer simulation work that
investigates the effect on the bone surrounding the hip joint of different resurfacing
designs is presented. The results are compared with previous work using the same
model implanted with a TI-IR.
The literature survey and computer simulations indicate that polyacetal is a suitable
material for the femoral component. Therefore the fourth requirement is to support the
use of this polymer in the proposed resurfacing design. A study determining the
effects on the mechanical properties of polyacetal of long term exposure to the
physiological environment is presented.
This thesis is divided into eight chapters. Chapter two is a survey of the literature
including descriptions of the tissues and structures replaced by THR and their
mechanical environment, the functions and outcomes of THR and materials suitable
for use in joint replacement. Chapter three presents a survey of the literature on
resurfacing hip replacement, including sections on the rationale for resurfacing,
descriptions of resurfacing designs and analysis of the outcomes of resurfacing. The
methods, materials, results and discussion of a study of acetabular anatomy are
presented in chapter four.
Chapter five briefly introduces computer modelling and its role in biomechanics and
presents results and a discussion of modelling of the effect of the proposed implant on
the surrounding bone. The mechanical testing of polyacetal grades following
immersion in Ringer's solution is reported in chapter six. Chapter seven discusses the
proposed new design of resurfacing hip replacement and chapter eight draws together
conclusions from all the studies presented. Chapter nine outlines further work to be




The skeletal system of modern animals is the result of millions of years of natural
selection. As such it represents a highly optimised solution to the problems of load
transfer and distribution for locomotion and the protection of delicate vital organs.
The system is also an optimised solution to the functional requirements of an
individual through biological feedback mechanisms in the stages of development and
in maturity. The word bone describes both the structural members of the skeleton and
the material of which those members are composed.
The bones of the human skeleton are of varying shape and size, following their
function in the body. The bones in the limbs are long allowing Large strides to be
taken and tubular to transmit the large bending and compressive forces generated. The
skull, in contrast, is adapted for protecting the brain from injury and is box shaped.
The bones of the middle ear are the smallest in the human body and fulfil another
mechanical function, that is the transmission of sound.
2.1.1 Macro-structure with Reference to the Femur and the Coxa
There are two distinct types of bone material in the human body. Cortical, or compact,
bone forms the surface layer or cortex of every bone in the body and also makes up
the long shafts of load bearing bones. Where the cortex supports articulating cartilage
the bone is called subchondral and consists of a thin layer of cortical bone and a layer
of calcified cartilage. Cancellous, or spongy, bone is found at the end of long bones
such as the femur and fills the core of others such as the pelvis and the vertebrae. It
has a cellular structure made up of rods or plates (trabeculae) and varies in porosity
from 30% to 90%. Together the two types of bone make a lightweight composite
structure similar to the sandwich honeycomb structure used frequently in aerospace
engineering. This structure is most efficient in bending and in the distribution of load.
The absence of cancellous bone in a structure therefore indicates that the loads carried
are parallel to the axis of the cortex. In the description following, angles and distances
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Figure 2.1.1 Anterior (left) and posterior (right) surfaces of the right human femur from Gray's
Anatomy (1989).
The femur, in common with most long bones, consists of a tubular shaft (diaphysis) of
cortical bone with expanded articular ends (epiphyses) containing cancellous bone
(Figure 2.1.1). This demonstrates an effective use of the composite cortical/cancellous
structure. The epiphyses act to "collect" loads from many different directions and
transmit them to the shaft which is loaded axially. With the leg in neutral position the
femoral shaft is not vertical: it is inclined posteriorly by about 50 and laterally by
about 6°. The shaft itself is not straight and describes a shallow 's' curve in the
sagittal plane. The femoral head is approximately spherical in shape, making up over
two thirds of a sphere. A small rough fovea interrupts the postero-inferior surface and
is the site of insertion of the ligamentum teres and vessels supplying the femoral head.
The head is offset medially from the shaft by the femoral neck, an irregularly shaped
bridge of bone between the two structures. The "axis" of the neck, a line from the
geometrical centre of the head through the midpoint of the narrowest part of the neck,
makes an angle with the shaft axis in the frontal plane of about 125° (Noble et a!.,
1988; Sugano et a!., 1999). However, THR patients had a mean angle of 130°





shapes of male and female pelves. The neck projects anteriorly from the shaft and the
angle it makes in the transverse plane with the medial-lateral axis is called the femoral
anteversion. This angle is highly variable: in normal hips the mean anteversion is 13°
± 70 (Reikerâs et a!., 1983), while in THR patients the mean anteversion is
significantly larger, 190 ± 9°, and in another study 24°, range 0° - 45° (Husmann et
al., 1997). The neck is elliptical in cross section with its major axis aligned supero-
anterior to infero-posterior. With its tip approximately level with the centre of the
femoral head the greater trochanter projects laterally from the proximal end of the
femoral shaft. It provides attachment sites for the abductor muscles and increases their
moments about the hip joint (section 2.3.4). Cancellous bone fills the femoral head
and greater trochanter down to the level of the lesser trochanter. This small projection
from the posterior face of the femur is the insertion for the iliopsoas muscle group.
Distally the femoral shaft expands and bifurcates into two condyles, also filled with
cancellous bone. These form surfaces for articulation at the knee joint.
Figure 2.1.2 Lateral (left) and medial (right) surfaces of the left human coxa from Gray's
Anatomy (1989).
The pelvis, made up of two coxae or innominate bones, is a thin, curved plate (Figure
2.1.2). It has a "sandwich" structure with a cortical bone shell filled with cancellous
bone which is well suited for carrying bending loads. Its large surface area provides
attachments for the powerful muscles articulating the hip joints and supporting the
vertebral column. It has a secondary role in protecting and supporting the organs in
the abdomen. The coxa is formed, in the mature adult, from the fusion of three
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separate bones: the ilium, ischium and pubis. The junction between these three bones
occurs at the centre of the acetabulum, the socket of the hip joint. The normal
acetabulum is approximately hemispherical in shape with a large notch infero-
medially. It has a raised, horse-shoe shaped (lunate) surface of subchondral bone
bounding the central acetabular fossa except on the infero-medial side. The
orientation of the acetabulum, usually measured unsuitably on anterior-posterior (AP)
X-rays, is often described with angles of anteversion and inclination. Unfortunately
there are three different definitions of these angles used variously by radiologists,
surgeons and anatomists (Murray, 1993) and often little discrimination between them.
The anatomist measures the 0 and 4) angles of the normal to the acetabular opening
plane in a set of spherical polar coordinates oriented with the long axis of the body.
The anteversion, 4) in this system, is given as 17 ± 6° (Reikerás eta!., 1983). The three
projected angles of the vector normal to the acetabular opening plane have been
measured (Witte et a!., 1998) giving the anteversion angle as 24.3 ± 4•70, but the data
are not presented so as to allow calculation of the inclination. Reynolds et a!. (1999)
measured acetabular anteversion in a group of patients and found an association
between reduced anteversion (14° compared with 21° in the control group) and hip









Figure 2.1.3 Trabecular structure of the proximal femur.
The orientation of the trabeculae in cancellous bone and its relative density are other
features that vary macroscopically. For example the trabecular system in the femoral
head is highly organised (Figure 2.1.3), with the trabeculae oriented in the directions
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of maximum stress and thicker in areas of higher stress. In the cross-section shown
there appear to be two arches of bone, one described as tensile, tangential to the
superior cortex of the neck, and the other called compressive, inserting into the
inferior cortex, also known as the calcar. Similarly the trabeculae in the dome of the
acetabulum are thicker and more densely packed than elsewhere in the coxa, the dome
being directly loaded by the joint force.
Modem composite design is revisiting the graphical methods used in the 19th century
to simplify calculations on large pin jointed frames (Makiyama and Plaits, 1996). This
trajectorial theory suggests that a weight-optimised structure will have material
distributed in orthogonal members following the trajectories of the principal stresses
in an homogeneous structure of the same outline under the same load condition.
Pauwels (1980) showed that the trabecular pattern displayed in a section of a fused
human knee joint corresponded with the fringe distribution and hence with the
principal stress trajectories produced in a photo-elastic model of the same shape.
Trabecular orthogonality may be modified close to joint surfaces where multi-
directional loading is best supported by trabeculae angled at 60° to each other
(Pidaparti and Turner, 1997). Trabecular bone architecture appears to be the result of
a material distribution process optimising the bone's strength to weight ratio.
The trabeculae in cancellous bone are in the form of struts or plates depending upon
anatomical location. The cancellous bone structure can therefore be open or closed
cell (in the sense of engineering foams), although the closed cells are usually
connected by small blood vessels. Both cortical and cancellous bone are highly
vascular, indicating that bone is a far from quiescent tissue, as discussed below
(section 2.1.5).
2.1.2 Micro-structure
The terms cortical and cancellous bone distinguish macroscopic structures. At a
microscopic scale (Figure 2.1.4) both are made up of a mixture of lamellar and woven
bone. Woven bone is able to mineralise rapidly and is formed during development and
following bone fracture. It has a disorganised, loose packed structure of mineralised
collagen fibrils. Lamellar bone has a more organised structure where the mineralised
collagen fibrils are aligned axially to form lamellae. These lamellae are grouped, in
humans, into units of five to form a "rotated plywood" structure (Figure 2.1.5) with
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the fibre direction changing by 300 between each ply (Wiener and Wagner, 1998).
Lamellar bone exists in two main forms in humans: osteonal and circumferential.
Circumferential lamellar bone is found at the endosteal and periosteal surfaces where,
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Figure 2.1.4 Microstructure of bone from Gray's Anatomy (1989).
Osteonal bone is the most interesting type of bone as it is formed both during
development and also as a result of the continuous remodelling of pre-existing bone.
The lamellar sheets are wrapped in seven to twenty concentric cylinders each 3 - 7
pm thick around a blood vessel (Gray's Anatomy, 1989). This cylindrical motif
cancels out the asymmetry of the plywood structure producing a transversely isotropic
material. The tube containing the vessel is known as an Haversian canal and the whole
is called an Haversian system or osteon. Osteons, 120 - 200 pm diameter and 3 - 5
mm long, are oriented with their long axes in the main load bearing direction (axially
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in a long bone like the femur). The Haversian canals are connected by transverse
Volkmann's canals, also vessel bearing, but not surrounded by multiple lamellae. The
representation of a transverse microradiograph in the bone section in Figure 2.1.4
shows the variation in the bone mineral density across and between osteons, older
material being more heavily mineralised.
H
Figure 2.1.5 Osteon with rotated plywood structure proposed by Weiner and Traub (1998).
Within the lamellar matrix of bone material are small voids, or lacunae, containing
osteocytes, mature bone cells. The role of osteocytes is unclear, but is thought to
involve the control of turnover and maintenance of the bone matrix. The lacunae are
interconnected and long osteocyte cell processes permit communication between
osteocytes. There are two other main cell types in bone - the osteoblast and the
osteoclast. The osteoblast is responsible for the deposition of bone matrix and its
mineralisation. It is found on the surface of maturing or remodelling bone. It is
hypothesised that osteocytes are osteoblasts which have been entrapped in the matrix
formed around them. The osteoclast is a larger, multi-nuclear cell which is active in
the removal of bone material. It is found on bone surfaces at sites of bone resorption.
2.1.3 Ultra-structure
Bone material has a composite structure with a mineral phase reinforcing an organic
matrix. Cortical bone contains approximately 20% water, 45% bone mineral and 35%
organic substance (Vaughan, 1975). The mineral phase is a non-stoichiometric form
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of hydroxyapatite (HA), Ca i o(PO4)o(OH)2. Multiple substitutions in HA may occur
without affecting the hexagonal symmetry of the crystal - HA is said to be an
hospitable structure. The most common substituents are carbonate, CO 32 and fluoride,
V. Bone mineral plays an important part in the homeostasis of ionic species in blood
plasma and tissue fluid by acting as an ion reservoir. HA crystals with platelet
morphology and a range of sizes have been described in bone (Weiner and Price,
1986, Weiner and Wagner, 1998). Lengths ranged from 20 to 50 nm, widths from 10
to 40 nm and thicknesses from 3 to 5 nm.
The organic component of bone is mainly composed of collagen (89 'wt.%) with
proteoglycans and glycoproteins making up the remainder. Their relative amounts
decrease as bone matures and becomes more calcified. These molecules are also
found in cartilage, where their role in the mechanical behaviour of the tissue is more
prominent.
Collagen is present in the human body in numerous types, but the main constituent of
the organic matrix in bone is type I collagen. At the bottom of the structural hierarchy
of collagen is the triple-helical molecule tropocollagen (Figure 2.1 .6d) and in type I
collagen all three helices are a chains. Tropocollagen molecules are gathered together
in a staggered arrangement in a collagen microfibril (Figure 2.1 .6c). The period of the
stagger is 68 nm, although the molecules themselves are 4.4 times this length (Figure
2.1 .6b). The microfibrils are in turn bundled into fibrils. The periodic arrangement of
the tropocollagen molecules gives the fibrils a striated appearance (Figure 2.1 .6a).
Weiner and Wagner (1998) proposed a hierarchy of structures in bone material from
the Angstrom level to the micron level. Small platelet HA crystals are arranged in
parallel layers within collagen fibrils. The gaps left between adjacent tropocollagen
molecules, which are arranged in three-dimensional channels within one fibril,
provide a focus for the deposition of HA (Vaughan, 1975). However the crystals
observed in mature bone are larger than this space. It is thought that these crystals
displace surrounding tropocollagen molecules to create a "strait-jacket" effect so that
the collagen matrix is pre-tensioned.
Arrays of these HA filled fibrils make up one ply in the "rotated plywood" structure
outlined above. In one ply of lamellar bone the platelets in adjacent fibrils are aligned.
However adjacent plies have different orientations of crystal layers. In the thinner
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lamellae (in rat bone) the fibrils and crystal layers are arranged parallel to the lamellar
boundaries, while in thicker lamellae the fibrils are still parallel, but the crystal layers

















Figure 2.1.6 The strucuture of collagen from Vaughan (1975).
2.1.4 Mechanical Properties
From the outline above it is clear that the structure of bone material is highly variable
according to position and function in the skeleton. The mechanical properties of this
material are therefore also widely variable and any statement of them should include
the anatomical origins and the sizes and orientations of the specimens tested. A
further problem in a survey of reported properties is the variation in testing standards
and protocols. Factors affecting results include the specimen storage and preparation
conditions and the testing environment. Bone is a viscoelastic material so the strain
rate also affects the measured properties (Carter and Hayes, 1976).
2.1.4.1 Cortical bone
Typically the Young's modulus of cortical bone in the longitudinal direction (parallel
to the osteons) is twice that in the transverse direction. The variation of modulus with
orientation does not follow the curve predicted by simple fibre reinforced composite
models (Bonfield and Grynpas, 1977). The longitudinal ultimate tensile strength is
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between 3 and 10 times that in the transverse direction. Longitudinal and transverse
ultimate compressive strengths differ less since in compression the weak cement lines
between osteons are not loaded directly. Dry bone is stiffer and stronger than wet
bone. A typical stress-strain curve for wet cortical bone is shown in Figure 2.1.7.
Table 2.1.1 and Table 2.1.2 present elastic and strength data respectively from classic
studies of the mechanical properties of cortical bone. In some cases data from the
original papers has been supplemented by communication with the authors concerned.
Figure 2.1.7 Stress strain characteristic of human cortical bone after Reilly and Burstein (1975).
Table 2.1.1 Elastic properties of human cortical bone (Currey, 1998). Subscripts: - parallel to
the long axis of the bone; 2 radial;	 circumferentiaL
Author	 Location and	 Tensile Modulus	 Compressive	 Shear Modulus
method	 (GPa) Mean ± SD Modulus (GPa) 	 (GPa)
_________ _________ __________ Mean ± SD 	 _________
Reilly and	 Femur	 E11 = 17.7 ± 3.6,	 E11 = 18.2 ± 0.85	 G 12 = 3.3 ± 0.42
Burstein (1975)	 Mechanical	 E= 12.8 ±3.0,	 E= 11.7 ±1.01	 (assumed
Testing	 v12 = 0.41 ± 0.15,	 v12 = 0.38 ± 0.15, transverse
________________ ________________ v 23 = 0.53 ± 0.25	 v23 = 0.63 ± 0.20 isotropy)
Ashman eta!.,	 Femur Ultrasound E11 = 20.0, E = 12.0, E33 = 13.4	 G12 = 5.6
1984	 v12 = 0.37, v 13 = 0.35, v21 = 0.22,	 G13 = 6.2
________________ ________________ V3 1 = 0.24, v23 = 0.38, v32 = 0.42	 G23 = 4.5
Reillyetal., 1974 Femur	 E1= 17±3.15	 Nosignificant
Mechanical	 difference from
__________________ Testing 	 ___________________ tensile.	 ___________________
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Table 2.1.2 Strength properties of human cortical bone (Currey, 1998). Subscripts: - parallel to
the long axis of the bone; 2 —radial; - circumferentiaL a, is yield strength, a is ultimate
strength, e is fail strain, r, and r are shear yield and ultimate strengths.
Author	 Location and	 Tensile Strengths	 Compressive	 Shear Strength
method	 (MPa), Fail Strain	 strength (MPa), Fail (MPa)
Mean ± SD	 Strain	 Mean ± SD
_________ ________ __________ Mean ± SD	 ________
Reilly et a!.,	 Femur	 a,,1 = 114±7.1,	 a = 205 ± 17.3,	 t=67±3.5
1974;	 Mechanical	 a = 133 ± 15.6,	 = 0.019 ± 0.003
Reilly and	 Testing	 = 0.038 ± 0.006	 = 131 ± 20.7,
Burstein, 1975	 = 53 ± 10.7,	 e.  = 0.050 ± 0.011
= 0.007 ±_0.0014 _________________ _____________
Cezayirlioglu et	 Femur	 a, = 128 ± 11.2,	 a,, = 180 ± 12.5	 = 53 ±7.7
al., 1985	 Mechanical	 a1 = 158 ± 8.5,	 afl = 213 ± 10.1	 tf= 71 ± 7.8
________________ Testing 	 = 0.042 ± 0.0085 C = 0.026 ± 0.0056 _____________
2.1.4.2 Subchondral bone
Bonfield et a!. (1987) carried out microhardness tests comparing subchondral bone
from femoral heads removed at hip replacement operations for osteoarthrosis and
cadaveric femoral heads. While the microhardness did not seem to vary with load
bearing function, it did vary between OA and normals and between different types of
OA. The microhardness of the cadaveric subchondral bone was highest at about 40
Vickers Hardness (VH). Microhardness for the OA group varied from 21 VH to 30
VH and was lowest in the ankylosing spondylitis group at approximately 15 VH.
2.1.4.3 Cancellous bone
Cancellous bone is a cellular solid in the engineering sense and many of its basic
properties can be described using an engineering analysis of foams. This analysis
derives simple expressions for foam stiffness and failure stress in terms of the
apparent density of the foam and the actual density, stiffness and failure stress of the
bulk material. Cells are either open, with material concentrated in one dimensional
interconnecting rods, or closed, with two dimensional interconnecting plates. The
aspect ratio of the cells is also important - "honeycomb" materials with one cell axis
appreciably longer than the other two behave differently from materials with cells
having an aspect ratio closer to unity. There is good agreement between the
relationships derived using these models and the experimental data (Gibson, 1985),
showing a clear separation between open and closed cell bone. A representative set of
mechanical properties is given in Table 2.1.3.
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Table 2.1.3 Mechanical properties of human canceHous bone (Taylor, 1997) E is compressive
stiffness and a ultimate compressive strength. E,,,. tensile stiffness; as ultimate tensile strength.
Subscripts: - parallel to the long axis of the bone; 2 — radial; - circumferential.
Author	 Location (n)	 E11 (MPa) Mean a11 (MPa) Mean Other parameters Mean
______________ ________________ (range) ± SD 	 (range) ± SD	 (range) ± SD
Tanneretal.,	 Male femoral	 110(50-200)	 10(5- 15)
1988	 heads normal (10) _______________ ______________ ___________________
Osteoarthritic	 175(100-250)	 15 (10-21)
________________ (15)	 _________________ ________________ ______________________
Ashman eta!.,	 Prox. tibia (3) 	 1107 (340 - 3350)	 E = 457 (140— 1750)
1989	 ______________ _____________ _____________ E33 =346 (110- 1230)
Linde eta!.,	 Prox. tibia (5)	 267(67 - 734)	 E = 84 (17 - 493)
1990	 ________________ ________________ _______________ E 33 = 83 (18 - 481)
Røhl eta!.,	 Prox. tibia (7) 	 489 ± 331	 2.2 (0.5 - 5.6)	 E = 487 ± 329
1990	 _______________	 = 2.54 (0.9-5.38)
Deligianni et	 Normal female	 100 (25 - 175)	 9 (3 - 15)
a!., 1991	 femoral heads	 _____________ _____________ _________________
____________ Osteoarthritic 	 375(175-575)	 15(10-20)	 _________________
Odgaarde et aL,	 232	 3.2
1991	 ________________ _______________ ______________ ____________________
Daistra et aL,	 Acetabulum	 61 ± 48	 E =42 ± 29
1993	 _____________ ____________ ____________ E33=31±22
Zysset eta!.,	 Prox. tibia (6)	 (32 - 1116)	 = 8 - 1127
1994	 Subchondral	 _______________ _____________ E33 = 3 - 226
_______________ Epiphyseal	 (102 - 1726)	 _______________ _____________________
Goulet eta!.,	 Various	 287(16 - 1113)	 4.6 (0.5 - 14.5)	 E = 123 (1 - 654)
1994
	
	 E33= 173(6- 1524)
= 2.5 (0.1 - 9.6)
______________ ________________ ________________ ______________ a 33 = 1.6 (1.11 -2.54)
As can be seen the strength properties of cancellous bone are complex and
anisotropic. However recent studies (Chang et a!., 1999; Keaveney et a!., 2000) have
found that the yield strain is relatively uniform even for specimens with significant













Figure 2.1.8 Trabecular bone yield strain and modulus dependence on specimen orientation in
compression and tension. Off— axis specimens were offset by 30 —40° from the principal














Figure 2.1.9 Compressive stress strain characteristic of cancellous bone of relative densities 0.5,
0.4 and 0.3 from Gibson (1985).
The compressive stress strain curve for cancellous bone is typical of foams. There is a
short linear section characterised by the Young's modulus of the material. This is
followed by a longer, nearly constant stress section that describes the buckling
collapse and crushing of the cells in the material. Once full densification has occurred,
the stiffness rises again (Figure 2.1.9). In tension failure occurs soon after yield.
Table 2.1.3 shows that cancellous bone properties vary widely according to the
anatomical location of the specimen. This reflects the strong dependence of these
properties on the volume fraction and architecture of the bone. Two techniques have
been used to determine the properties of the trabecular material itself (Currey, 1998).
First standard mechanical tests (tensile, bending and buckling) have been performed
on isolated trabeculae. This technique using extremely small specimens is prone to
size artefacts. A second approach is to develop a detailed finite element model of a
cancellous bone specimen (from micro-CT scans) and compare its behaviour with that
of the specimen under load. Then a value of Young's modulus can be chosen for the
model that reproduces the observed deflections. More complex analysis (Niebur et a!.,
2000) has shown that this technique may also be used to predict the specimen yield
failure. Although results from both methods suggest that cancellous bone material has
a lower Young's modulus than cortical bone, the values range from 1 to 14 MPa.
2.1.5 Bone Adaptation
The shapes of bones and the distribution and properties of the bone material of which
they are composed are determined by a combination of evolutionary adaptation and
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loading history. The loading history will affect both bone modelling in the
development of the skeleton and bone remodelling in the mature adult. The
relationship between load and structure was most famously stated in 1892 by Julius
Wolff and is known as Wolfi's law. He emphasised static loading whereas the main
stimulus for bony change appears to be dynamic and he neglected hereditary effects,
but his "law" survives and is much quoted in current literature. Most simply put it
states that bone is laid down where needed and resorbed where not needed.
Bone remodelling is carried out by the combined action of osteoblasts and osteoclasts.
In cortical bone osteoclasts first excavate a cylindrical tunnel and are followed by
osteoblasts which deposit bone concentrically around a blood vessel, narrowing the
channel again. The point of reversal from erosion to deposition is marked by the
cement line, a layer of bone with a lower mineral content. This layer distinguishes
secondary osteons, which are the product of remodelling, from primary osteons
produced by modelling.
The stimuli for bone modelling and remodelling are the subject of debate. HA and wet
collagen are both piezoelectric materials and it was thought that fluctuations in
potential caused by mechanical strain might control the response of osteoblasts,
osteoclasts and osteocytes (Vaughan, 1975). More recent research proposes that the
complex intercommunicating network of osteocytes has a role in the strain related
adaptive remodelling of bone (Lanyon, 1993). It is proposed that osteocytes
communicate with osteoblasts and osteoclasts to coordinate the processes of bone
apposition and bone resorption. The transduction of the mechanical signal is not
known and candidate mechanisms include the direct deformation of the osteocytes,
damage to the osteocyte processes by microfracture in the bone, the flow of fluid
through lacunae or the potentials set up by such a flow of ions.
Computer models based upon a set of assumptions about the stimuli and coupling
between cells similar to those outlined above (Huiskes et a!., 2000) produced an
homeostatic trabecular architecture aligned and orthogonal to the loading direction.
Two different hypotheses of the probability of osteoclast activation at a bony surface
were investigated. The first assumed that micro-cracks provided the stimulation and
supposed that the distribution of these was spatially random. Hence the probability of
activation at all surface sites was equal. The second hypothesis assumed that
osteoclasts were regulated by disuse, giving high probability of activation in disused
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areas and low probability in areas of high strain. Given that disuse and microcrack
activation are most likely to act concurrently Huiskes et al. proposed that they use the
same signalling pathway. If the osteocytic network under normal loading suppresses
osteoclast activation then disuse would prevent this suppression while microcracks, by
"disconnecting" the canaliculi, would have a similar effect. The two hypotheses
produced similar end architectures when implemented as simulations, but the disuse
hypothesis, as would be expected from the coupled action of osteoblasts and
osteoclasts, required fewer iterations to reach a homeostatic result.
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2.2 Morphology of the Hip Joint
The joints between the rigid bones of the skeleton permit relative movement and force
transmission. There are two main classes of joints - solid or synarthroses and
cavitated or diarthroses. Synarthroses are further classified by the type of connective
tissue bonding the joint and include the sutures between the bones of the skull and the
symphyses between adjacent vertebrae. Diarthroses, also known as synovial joints,
allow a greater range of motion. This section deals with the synovial joint between the
femur and the coxa, a ball and socket joint with three angular degrees of freedom.
2.2.1 Basic Structure of a Synovial Joint
Figure 2.2.1 shows the hip joint, with synovial cavity, capsule, articular cartilage and
subchondral bone. The cavity is filled with synovial fluid which at low shear rates has
a high viscosity and exhibits decreased viscosity at high shear rates (Fisher, 1997).
In the hip joint the capsule thickens into ligaments that limit the extremes of motion of
the joint, maintain the contact of the articulating surfaces and prevent dislocation. The
acetabulum is deepened superiorly, anteriorly and posteriorly by a fibrocartilage rim
called the acetabular labrum. This rim also bridges the inferior acetabular notch as the
transverse acetabular ligament. Articular cartilage covers the lunate surface and the
acetabular fossa is filled with a fibro-elastic fat pad. The ligament of the femoral head
or ligamentum teres attaches to the fovea on the femoral head and on both sides of the
acetabular notch, blending with the transverse acetabular ligament. Articular cartilage
also covers the surface of the femoral head. Figure 2.2.2 shows maps of the thickness
of articular cartilage on femoral and acetabular sides.















Figure 2.2.2 Thickness distribution of cartilage on the femoral head (left) and in the acetabulum
from Kurrat and Oberlãnder (1978).
2.2.2 Incongruity and Asphericity
The femoral head articular surface is not perfectly spherical. The most nearly circular
meridian is in the plane perpendicular to the neck axis (Clarke and Amstutz, 1975),
while the largest radius of curvature is found superiorly. In the acetabulum ultrasound
measurement of the acetabular articular surface (Rushfeldt et aL, 1981) showed a
maximum deviation of ± 150 j.tm from spherical. The underlying calcified interface
deviated by ± 500 j.im. Another approach is to measure how incongruent the bearing
is as a whole rather than the extent to which either articulating surface is not spherical.
The incongruency is the degree to which the unloaded surfaces of the joint are out of
contact. A study of contact area (Greenwald and O'Connor, 1971) showed a load
dependence up to loads of about 50% body weight, at which complete contact was
said to occur. Contact began anteriorly and posteriorly with the acetabular dome in
contact only at higher loads. The variations in cartilage thickness were proposed to set
up an even pressure distribution in the cartilage at the highest loads during gait. More
recent studies (Eckstein et al., 1997; Eisenhart-Rothe et a!., 1997) have described two
types of contact distribution, both starting at the periphery of the lunate surface and
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approaching the edge of the fossa with increasing load. A monocentric pattern is
found in some hips, with contact beginning in the acetabular roof and spreading down
the arms of the lunate surface. In other hips a bicentric pattern is seen with first
contact on the posterior and anterior arms and spreading to the roof with increasing
load. It has been suggested that the incongruity of the hip decreases with age and that
a monocentric pattern of contact might be associated with the onset of cartilage
degeneration and osteoarthrosis.
Lazennac et al. (1997) carried out a survey of the change in shape of fresh cadaveric
acetabula as they were loaded in single-leg stance and double-leg stance
configurations. They confirmed that a threshold force was required for congruency,
estimating it to be 30% of body weight. The anterior and posterior horns of the
acetabular lunate surface seemed to flex around a hinge in the acetabular roof noted
by other authors. The displacements of the anterior horn were far smaller than those of
the posterior horn, indicating a more rigid construction. During the transition from no
load to 30% body weight the horns approached the femoral articular surface. After
congruency was achieved they then began to move away again.
The incongruous nature of the hip joint is supposed to protect the cartilage from
overload and to provide a mechanism for the circulation of synovial fluid for nutrition
and lubrication. The contact area increases with load, so that at the highest loads the
stress is evenly distributed across most of the cartilage. In a perfectly congruent hip
joint the contact area could not increase with load and might even decrease with local
deformation of cartilage in the dome of the acetabulum. The incongruity of the hip
accords well with orthopaedic surgical experience which holds that the acetabulum is
wider in the infero-medial supero-lateral than in the anterior posterior direction.
2.2.3 Geometry
While the morphology of the proximal femur has received much attention in studies
of the design of stemmed hip replacement (Noble et al., 1988; Rubin et al., 1992;
Skittides et al., 1994; Sugano et a!., 1999), the precise shape of the acetabulum has
only recently become the subject of investigation. Important parameters such as
angles subtended by the articular surface edge from the centre of joint rotation have
not been reported. The orientation of the acetabulum, described in section 2.1.1, and
its relation in three dimensions to the orientation of the femoral neck are also not well
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understood. These parameters have implications for the range of motion before
impingement and for the space available for any acetabular prosthesis.
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2.3 Biomechanics
Biomechanics here is used to denote the study of the mechanisms of motion and not
the mechanical properties of biological materials.
2.3.1 Human Gait
Gait is described by splitting it into cycles, where a complete cycle returns the body
and limbs to their starting positions and motions and thus consists of two steps
(Whittle, 1991) (Figure 2.3.1). Each leg goes through two phases in a cycle - stance
phase and swing phase. In walking the stance phases overlap so that there is a period
of double support, whereas in running the stance phases are separated by a period of
no ground contact. Heel strike occurs at the start of the stance phase and is
accompanied by a transient force spike. The ground reaction force then increases to
just over body weight (BW) as the body is decelerated, which with the accelerating
force prior to toe-off produces a characteristic double peaked curve (Figure 2.3.2).
Stance phase	 Swg phase
heel	 foot	 mid	 heel	 toe	 mid	 heel
strike	 fl	 stance	 oft	 off	 swing	 strike
Figure 2.3.1 The phases of human gait from Whittle (1991).
tffne (me)
Figure 2.3.2 Ground reaction force during gait from Whittle (1991).
In common with all systems in living organisms, the means of producing motion have
become optimised to give maximum output with minimum expenditure of energy.
Minimising expenditure in human gait is achieved by minimising the excursion of the
centre of gravity of the body, both vertically and laterally. In human gait there are six
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mechanisms or determinants that accomplish this. Pelvic rotation, about the vertical
axis, reduces the angle of flexion and extension at the hip needed for a given stride
length, which in turn reduces the vertical movement of the hip and trunk. Pelvic
rotation is produced by internal and external rotation movements at the hip joints. The
second determinant is the drop of the pelvis on the side of the swing phase leg. This
tilt reduces the rise of the centre of gravity at mid-stance. Tilt requires abduction and
adduction motions at the hip joint and flexion of the swinging leg to avoid the ground
surface. Three other determinants change the effective stance phase leg length. Knee
flexion reduces the length while heel shape and forefoot flexion increase it at heel
strike and toe-off respectively. The final determinant reduces the lateral motion of the
centre of gravity. The adducted shape of the femur and the angulation at the knees
reduce the lateral distance between the feet thus reducing the sway of the body
necessary to maintain balance.
The motion of the femoral head within the acetabulum during gait is therefore
complex. Flexion-extension, abduction-adduction and internal-external rotation of the
femur occur simultaneously. The femoral neck is at a fixed angle to the femur,
making visualisation of the effect of a particular limb movement even more difficult.
2.3.2 Range of Motion
Both soft and hard tissue limit the range of motion in a normal hip joint. The
contribution that each makes in any particular direction is not reported. Hip joint
motion is assessed clinically to evaluate disease and to measure the success of hip
replacement. Table 2.3.1 lists ranges of motion for normal adults.
Table 2.3.1 Hip Motion in normal adults (degrees) from American Academy of Orthopedic
Surgeons (1994).
Motion	 Rotation mean ± SD	 ____________
_______________ (Boone 1979) (Roach 1991) (Roass 1982)
Extension	 12 ± 5.4	 19 ± 8	 9 ± 5.2
Flexion	 121±6.4	 121±13	 120±8.3
Abduction	 41±6.0	 42± 11	 39±7.2
Adduction	 27 ± 3.6	 -	 31 ± 7.3
Internal Rotation	 44 ± 4.3	 32 ± 8	 33 ± 8.2
External Rotation 44±4.8	 32 ± 9	 34 ± 6.8
2.3.3 Joint Forces
The forces between the femoral head and the acetabulum can be determined by two
methods. In the first a ground reaction force is measured during gait and coupled with
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a video analysis of gait (Paul, 1974). This analysis tracks the motion of limb segments
and makes assumptions about ligament and muscle attachments and the timings of
muscle action during gait to produce solutions for reaction forces at the joints. The
redundancy of the structures of the limbs introduces the need for a further constraint:
the forces in muscles acting at any given moment are assumed to be at an optimally
low level. This assumption fails to take into account the action of antagonistic
muscles, i.e. muscles which act to produce motion in opposite directions. One way of
taking account of this may be to include forces in bony elements in the optimisation
routine (Dobrev, 2000). Antagonistic action has been interpreted as protecting the
bone from high stress levels.
In the second method an instrumented prosthesis is implanted to measure directly the
loads at the joint (Rydell, 1966; Hodge et al., 1989; Bergmann et a!., 1993; Brand et
al., 1994). Brand et a!. additionally validated their instrumented prosthesis with
simultaneous gait lab measurements. The gait lab method is non-invasive and much
data exists for many different subjects. On the other hand the validity of its
assumptions can be questioned. The instrumented prosthesis measures the real forces
at the hip, but only a few subjects per study have been analysed. The data collected
from these subjects may not be typical due to the pathology that led to the need for a
replacement and also due to the replacement itself altering joint mechanics. Forces
measured by instrumented prostheses during gait show the double peaked curve seen
at the ground reaction. The directions of the largest forces have a small variation
relative to the femur and their magnitudes are typically three times body weight (BW)
during level walking. Faster walking and jogging can increase force magnitudes up to
5 times BW. Descending stairs places a higher load on the joint than ascending stairs,
respectively 20% and 10% larger than level walking (Bergmann et a!., 1995). The
largest forces of up to nine times BW occur if the subject stumbles.
Hip joint forces, which are measured or calculated from gait lab data in a femoral co-
ordinate system, may be transformed into a pelvic co-ordinate system to assess their
effect on the acetabulum. Witte et a!. (1998) and Pedersen et a!. (1997) calculated
force vectors that varied over a relatively small area of the acetabulum. However
while Pedersen et a!. predicted smooth progression of the force direction from
posterior to anterior, Witte et a!. calculated forces pointing posteriorly at heel strike,
then anteriorly at the first force maximum, posteriorly at the second maximum and
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then anteriorly at toe off. Witte (2000) acknowledged that the simultaneous gait lab
and instrumented prosthesis data from a single subject reported by Pedersen et a!. is
far more reliable than the gait and joint reaction force data from different subjects
which he analysed.
Given that there are no muscle attachments on the femoral neck, the stress distribution
here is determined by the position and direction of the joint reaction force. The force
direction places the neck into slight bending. However the rest of the femur is not
straightforward to analyse. There is debate about the magnitude, direction and timing
of forces developed by muscles. It is contentious whether the femur is loaded in
bending or in direct compression. The musculoskeletal system of the lower limb has
been compared with tension compression structures such as the mast of a sailing
dinghy (Ling et a!., 1996). The femur has a circular cross section with equal thickness
of cortical bone - in bending an elliptical section with thicker cortices further away
from the neutral axis would be more efficient. However Cristofolini (1997) and
Taylor et a!. (1996) have argued that the direction of bending varies sufficiently
during the gait cycle that a circular cross section is still most efficient. Measuring
radiographs of single leg stance has shown deflections an order of magnitude smaller
than those calculated assuming a bending stress distribution, but similar to those
calculated assuming a compressive stress distribution (Taylor et a!., 1996). This result
suggests that the femur is loaded only in compression in one legged stance.
2.3.4 Muscles
Muscles and not static body weight develop the majority of the force across the hip
joint during gait. Therefore it is important to understand the functional anatomy of the
muscles surrounding the hip joint. Table 2.3.2 details the actions of individual
muscles and Figure 2.3.3 shows the locations of the superficial muscles of the lower
limb. Different parts of the same muscle may produce different motions and any
particular muscle may produce motion in all three of the described degrees of
freedom. A further complication is that muscles may act antagonistically during gait.
Although antagonistic action may not be related to the protection of bones from high
stress levels, it is certain that muscle action reduces stress levels in the femur and the
pelvis at all stages of gait (Dalstra, 1993; Duda eta!., 1998).
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Figure 2.3.3 Superficial muscles of the right leg from Whittle (1991).
McLeish and Charnley (1970) proposed a simple model of the balance of muscle and
joint forces at the hip joint. Their analysis was confined to the frontal plane but
remains highly influential upon orthopaedic implant design and surgical technique.
They considered force and moment equilibria about an idealised frictionless hip joint,
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taking into account body weight, abductor muscle action and the joint reaction force.
They found abductor muscle forces (normalised to body weight) varying between 1.0
and 1.8 and joint forces between 1.8 and 2.7. This model has also been used to show
how an unfavourable skeletal morphology with a short distance between the joint
centre and abductor muscle attachment can produce extremely high joint reaction
forces (Eftekhar, 1993).
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2.4 Diseases of Joints
This section briefly discusses the ways in which the function of the hip joint can be
impaired.
2.4.1 Osteoarthrosis
The term osteoarthrosis (OA) describes the degeneration and progressive loss of
normal structure and function of articular cartilage (Buckwalter and Mankin, 1997).
Osteoarthritis implies an inflammatoiy disease and although inflammation frequently
accompanies the disease it is not a major component. Over half of the adult population
of the UK have some form of osteoarthrosis in one or more joints, with the prevalence
increasing with age.
Osteoarthrosis consists of a progressive loss of articular cartilage. This may be
accompanied by attempted repair of the cartilage, remodelling and sclerosis of
subchondral bone and the formation of subchondral bone cysts and marginal
osteophytes. A diagnosis of OA requires the presence of symptoms and signs that may
include joint pain, restriction of motion and deformity. The disease occurs most
frequently in the foot, knee, hip, spine and hand joints. Most commonly it develops in
the absence of an identifiable cause (primary or idiopathic OA). Secondary OA may
develop as a result of a joint injury or an infection. Hereditary, developmental,
metabolic and neurological disorders may also be considered to cause secondary OA.
Table 2.4.1 lists some known causes ofjoint degeneration.
Table 2.4.1 Known causes of Secondary Osteoarthrosis from Buckwalter and Mankin (1997)
The age of onset of secondary OA depends upon the underlying cause and so it may
develop in children and young adults as well as in the elderly. In contrast there is a
strong association between prevalence of primary OA and increasing age. However
OA cannot be seen as "normal wear and tear" because the changes observed in
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articular cartilage from older individuals differ from those seen in people who have
osteoarthrosis. There are no simple relationships between joint use, aging and joint
degeneration.
The earliest signs of OA visible from the articular surface are localised areas of
fibrillation of the superficial layers of cartilage. As the disease progresses more of the
surface becomes involved and the small defects deepen into clefts. Fissures eventually
reach down to the subchondral bone and material is torn from the fibrillated cartilage
tips. Cartilage is lost progressively leaving dense and often necrotic eburnated bone.
Patterns of cartilage degeneration in primary OA for both acetabulum and femoral
head have been identified (Byers et a!., 1970). A distinction can be drawn between
patterns of progressive and non-progressive changes. Non-progressive changes are
speculated to occur in non-loadbearing areas.
2.4.2 Rheumatoid Arthritis
Rheumatoid arthritis is an immunological disorder of unknown cause, but with an
inherited component, which culminates in the release of enzymes that can destroy
articular cartilage and bone surrounding the affected joint The disease affects 5% of
women and 2% of men in the UK, but of these only 25% will go on to develop severe
symptoms and loss of function. Juvenile rheumatoid arthritis affects children and
teenagers, but resolves with no permanent damage except in rare cases. Osteoarthrosis
can also be secondary to the damage to cartilage caused by rheumatoid arthritis (RA).
2.4.3 Ankylosing Spondylitis
Another inflammatory disorder, ankylosing spondylitis involves the ossification of
ligaments at their attachments sites close to the affected joint. This leads to loss of
motion which can be complete in severe cases. Although the joints affected are
principally the sacro-iliac and those of the lumbar spine, the hip and knee joints are
often involved. The disease has an incidence of 0.5% in men and 0.05% in women
with onset in late teens and early twenties.
2.4.4 Avascular Necrosis
Bone is a living tissue and therefore requires a good blood supply. If the blood supply
to an area of bone is disrupted the osteocytes in the bone die, hence avascular necrosis
(AVN). Cell death is followed by attempts by the surrounding living tissue to remodel
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the bone material. However with no osteocytic co-ordination of the actions of
osteoblasts and osteoclasts this results in the mechanical collapse of the dead bone.
AVN occurs in areas with particularly vulnerable blood supplies such as the femoral
head and scaphoid bone. AVN, now known as osteonecrosis, is associated with
steroidal drug treatment and alcohol abuse.
The ligamentum teres contains blood vessels but in the adult the main supply for the
femoral head is via an arterial ring around the base of the femoral neck, near the
attachment of the fibrous capsule (Gray's Anatomy, 1989). This ring is formed
principally by the femoial circumflex arteries. Ascending branches from this ring pass
up along the femoral neck surface and penetrate the femoral head (Figure 2.4.1)
(American Academy of Orthopaedic Surgeons, 1997). These vessels are normally
disrupted during the division of the capsule prior to dislocation of the hip in a
conventional hip replacement operation. If the femoral head is retained, as in a
resurfacing operation, the blood supply to this region may be severely compromised.
Figure 2.4.1 The ascending arteries on the anterior surface of the femoral neck from American
Academy of Orthopedic Surgeons, 1997.
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2.5 Hip Replacement
2.5.1 History of I-lip Replacement
The treatment of hip disorders has evolved continuously since the early nineteenth
century. Surgical treatment for arthropathy in the Victorian era involved the excision
of the diseased portions of cartilage and bone, a technique which usually resulted in
the fibrous union of the joint. A recognition that the loss of mobility in the joint was
due to fibrous or bony adhesion of the articulating surfaces lead to the concept of the
interposition arthroplasty. This procedure separated the articulating surfaces by a layer
of material. Opinion as to the types of materials suitable to use as spacers differed
(Black and Sholtes, 1982). Some favoured materials of biological origin, for example
flaps of fascia lata, periosteum and pig bladder, while others attempted to implant
sheets of more durable materials such as zinc, gold and rubber. The exponents of gold
interposition arthroplasty included Sir Robert Jones of Liverpool (Eftekhar, 1978).
Gluck writing in 1890 reports the use of an ivory prosthesis which he cemented in
place with plaster of Paris (Eftekhar, 1978).
Smith-Petersen, working in the early decades of the twentieth century, introduced an
anatomical surgical approach that provided exposure of the acetabulum and femoral
head without massive trauma to the patient (Smith-Petersen, 1948). The encapsulation
of a glass fragment in a wound by a membrane and liquid similar to that of a synovial
capsule led him to use a glass hemisphere as an interposition arthroplasty. His
rationale was that the glass would encourage the repair of the damaged cartilage
surfaces, moulding them into shape, and could then be removed. Unfortunately the
glass frequently broke and he experimented with a range of other materials, including
celluloid and Bakelite, before settling on Vitallium, a Co-Cr-Mo alloy introduced for
dental applications in 1929. By 1938 the Smith-Petersen arthroplasty was no longer a
temporary mould for the repair of the cartilage, but a permanent substitute
articulation.
The origin of total hip replacement (THR), in which both femoral and acetabular sides
of the joint are replaced, is usually associated with Philip Wiles (Eftekhar, 1978). In
1938 he performed six replacements at the Middlesex Hospital, London. He used
stainless steel components fixed on the acetabular side by screws and on the femoral
side by a bolt down the femoral neck which was screwed to the lateral femoral cortex.
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Other early THRs were attempted in Boston by Coutts and in New York by Haboush,
who implanted one Co-Cr prosthesis fixed with self-curing polymethylmethacrylate
(PMMA) (Eftekhar, 1978). The short stemmed Judet PMMA femoral head
replacement was in widespread use in 1948 (Judet and Judet, 1950). This implant and
a subsequent design using nylon showed that plastics could be tolerated, at least in the
short term, in the human body. The 1 950s saw the appearance of the stemmed metal
femoral component which was designed tO be inserted into the medullary canal. The
Austin Moore and Thompson hemi-replacenients are examples of this type.
From the 1950s on,THRs can be split into two groups by their type of articulation:
metal-on-metal and metal-on-polymer. Metal-on-metal designers include McKee,
Watson-Farrar, Ring, Scales and MUller. Many of these early implants were
adaptations of the Thompson and Moore hemi-replacements. Changes in design
following clinical experience eliminated many undesirable features. These are
discussed in more detail in the relevant sections below. Some of the designs are
illustrated in Figure 2.5.1.
The histoiy of the metal-on-polymer articulation in THR is dominated by the
achievements of Charnley (1961), (1963). His research into the lubrication of animal
joints led him to the development of a Low Friction Arthroplasty. After attempts
using polytetrafluoroethylene (PTFE) as the bearing material he introduced high
density polyethylene (HDPE) and established the use of bone "cement" (PMMA) in
THR. His implants differed radically from the preceding ones in the small size of the
replacement femoral head. He developed the surgical techniques, instrumentation and
theatre design and procedures for THR. The success of his implant is partly due to his
insistence on training at Wrightington all those surgeons who wanted to use his
implant.
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Figure 2.5.1 Types of hip replacement. A Judet, B Moore, C Thompson, D Ring, E Si'vash, F
McKee-Farrar, G Charnley, H Muller from Eftekhar (1993).
2.5.2 Total Hip Replacement
There are many types of modern total hip replacement, differing in detailed shape,
head size, fixation method and bearing materials. However the basic shapes of the
components are common and essentially unchanged from the components implanted
40 years ago.
The femoral component of a THR has an intramedullary stem, a neck and an
articulating head. The intramedullary stem provides stability and load transfer to the
femur. The neck of the implant is angled with the stem and chosen to be of a length to
reproduce as nearly as possible the mechanics of a normal hip. The head is spherical
and highly polished. Many modern THRs are modular so that head size and stem and
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sometimes neck length may be chosen independently. The acetabular component is an
hemispherical, or slightly shallower, cup.
The success (in terms both of implant sales and clinical outcomes) of any particular
combination of features often seems a matter of fortune rather than design. The
Swedish hip register (Malchau et a!., 2000) gives an overview of the Swedish market
for THR between 1979 and 1998 (see Table 2.5.1).
Table 2.5.1 Numbers of commonly used primary 1'HR implants in Sweden 1979— 1998 from




Lubinus SP 11	 860	 24,404
LubinusiP	 14,374	 3,286
Scan hip collar	 1,391	 5,077
Exeterpolished all poly	 ___________________________ 5,862
Exeter polished (mixed cup)	 2,298	 2,822
Lubinus SP I	 3,302	 1,034
Exeter polished (metal backed) ___________________________ 4,122
MUller straight	 1,996	 2,062








Securefit/ Omnifit	 ____________________________ 412




Others (116 implants)	 668	 1,471
Hybrids (total)	 328	 4,918
Increasingly the products of any one orthopaedic device manufacturer are designed to
cater for the prejudices of as many surgeons as possible. There are few companies
who will stand by one system of implants and defend the theory behind their function.
Thus the debates over the theory behind the practice of total hip replacement are
between individual surgeons and their followers.
2.5.3 Load Bearing, Load Transmission and Motion
Three primary functions that THR must fulfil are load bearing across the hip joint,
load transmission to the bones surrounding the hip joint and relative motion at the
joint itself.
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The total hip replacement must be capable of bearing cyclic loads of three to four
times BW with occasional peak loads of up to nine times BW (Bergmann et a!.,
1993). In a year the number of cycles ranges from 0.5 to 3 x 106 depending upon the
age and activity of the subject (Wallbridge and Dowson, 1982). This has implications
for the fatigue resistance (crack nucleation and propagation resistance) of the
materials used (section 2.6) and the shape of the implant. Sharp corners and other
stress concentrations must be avoided. The Ring THR, which enjoyed initial clinical
success, was modified to accept bone ingrowth mesh on its proximal surfaces (Wilson
et a!., 1992). The stress concentrating effects of sharp recesses machined into the stem
were compounded by the welding of the mesh into the weld intolerant, notch sensitive
titanium alloy. Following high fracture rates these implants were recalled. Superalloy
technology and good engineering design should have eliminated completely fatigue
failure of the stem of the femoral component. However fracture of ceramic femoral
heads is still a concern. While catastrophic fatigue fracture of polymer components is
rare,fatigue may play a major role in the wear of the articulating surface.
A second function that the THR must fulfil is the transmission of the load across the
hip joint into the musculoskeletal system. In distributing load to bone the design must
take into account the remodelling behaviour of bone. The prosthesis must not produce
stresses higher than the static or dynamic yield strength of bone - a strength which
varies with bone material density (section 2.1.4). Remodelling of bone caused by the
changed stress distribution in the implanted femur and acetabulum must not
compromise the mechanical stability of the implants. Areas that resorb due to
unloading after implantation must not be involved in the maintenance of the
prosthesis' position.
The debate about load distribution in THR has been focused on the femoral
component. Particular attention has been paid to calcar loading. This is the point of
insertion of one of the trabecular systems of the femoral head into the medial femoral
cortex. Collars on the medial side of the implant are supposed to load the calcar, but
whether this is achieved in cemented hips or even if it is desirable is questionable
(Forester and Draper, 1997). Bone cement is inappropriately named because it acts as
a grout and thus its role is not so much in cementing as in load distribution. It fills the
irregular cavity around the implant so that load transmission can take place over a
wider area. The low elastic modulus of PMMA (section 2.6.3.3) reduces the overall
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stiffness of the implant-cement construct. If the stiffness of the construct is closer to
that of the bone then the stress in the surrounding bone is more evenly distributed.
The stiffness of metals routinely used in joint replacement is up to ten times higher
than cortical bone. The tapering of the distal stem is another subject of controversy,
some implants having double (e.g. Exeter) and some single tapers (e.g. Charnley).
Uncemented femoral components are designed to "fit and fill" the proximal femoral
canal (Noble et a!., 1988). In practice the irregular shape of this space and a finite
number of implant sizes mean that the component is supported initially by bone only
in a few small areas. The bone material in these areas is likely to be loaded above its
elastic limit and so fail, leading to the migration of the implant (Taylor, 1997).
Increasing numbers of custom-made femoral stems are being implanted with the aim
of improving the initial fit of the implant. However it is questionable whether the vast
increase in cost of this operation is reflected in improved clinical outcomes (Plath et
a!., 2000).
Transmission of load to the pelvis by the acetabular component has been studied in
detail (Daistra, 1993). A finite element analysis of the implanted pelvis showed that
stresses in distant bone were affected very little by changes in the acetabular
component. However stresses in subchondral bone and in the polyethylene (PE) of the
implant depended strongly upon the stiffness of the implant. A stiff cup/cement
combination keeps implant stresses low. However stiff cups increase the stresses in
the bone and cement at the periphery and stress shield the dome of the acetabulum.
Load transmission is closely linked with the fixation of the components to bone
(section 2.5.4).
A third function of THR is to provide an adequate range of motion. The ratio of the
femoral neck diameter to the diameter of the bearing surface defines a limit to the
range of motion (using a hemispherical acetabular component (Figure 2.5.2)). This
range can be increased by increasing the femoral head diameter, by decreasing the
neck diameter or by reducing the subtended angle of the acetabular component
(Freeman, 1986). Impingement between the cup and the femoral neck is given as one






Figure 2.5.2 Parameters determining the range of motion in a hemispherical joint.
0 = 2 cos' (radius neck/radius head).
2.5.4 Fixation
The mechanical stability of THR in the body depends upon the method by which the
implants are fixed to bone. Loose prostheses are associated with pain and have to be
revised, so the provision and maintenance of fixation are essential. Methods of
fixation include the use of PMIMA bone cement, screw threads and bone ongrowth or
ingrowth surfaces.
Polymethylmethacrylate is used on both femoral and acetabular sides with
pressurisation. Pressurisation is relatively easy to obtain inside the femoral canal.
Techniques for acetabular pressurisation have also been developed (New, 1997), but
this is more difficult. Pressurisation is used to drive the setting cement into the
trabecular spaces of cancellous bone. Cement is not adhesive and fixes by mechanical
interlock, that is the interdigitation of cement into bone. Bone cement polymerisation
is an exothermic reaction. The heat given off can raise the local temperature to 56° C,
sufficient to kill bone cells close to the cement (Toksvig-Larsen et a!., 1992). The
resorption of this necrotic bone may lead to some initial migration (section 2.5.6).
Bone cement is also a brittle and low strength material and so has to be used in
sufficient thickness to prevent fracture.
Threaded screws may be used for acetabular fixation. Some acetabular designs have
used screw threads on their external surface. These have some good early results in
combination with bone ingrowth fixation (Loupasis et a!., 1997) but longer term
results are much poorer (Simank et a!., 1997). Bone is a viscoelastic material, so the
stress that a screw thread initially places bone under will relax over time. Therefore
screw fixation should be presumed to provide short term stability only.
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Bone ingrowth fixation is achieved by a surface up to or into which bone will grow.
Bony ingrowth will only occur with relative motions of less than 150 im between the
implant and bone (Pilliar et a!., 1986). This means that the implants must have an
initial stability and maintain it while bone ingrowth occurs. Initial or primary stability
may be achieved by screw fixation, or by an interference fit. Bone mgrowth has been
compared to fracture healing in which limited straining of the fracture callus is used to
promote bone growth. This analogy is used in advocating early mobilisation of
patients with ingrowth fixated implants.
Interference or press fit can be used as the main fixation system for a prosthesis. This
type of fixation is limited to patients who place very low demands on their prosthesis.
The argument against it is similar to the one stated above for uncemented implants:
that initially stress transfer between implant and bone takes place over only a few
small areas. The same considerations as in screw fixation of the viscoelasticity of
bone apply, so that the "pre-stress" generated by an interference fit will eventually be
relaxed. Press fit has the further drawback that the primary stability will not be
reinforced by secondary bone ingrowth fixation.
The different fixation methods have differing clinical outcomes. Kobayashi et a!.
(1997a) compared press fit, I-IA coated and cemented versions of the same femoral
component. They found increased early migration and lower survival rates for smooth
or ridged press fit than for cemented and HA coated prostheses.
2.5.5 Bearing Design and Tribology
One of the main functions of a THR is to allow motion at the hip joint. This implies
the existence of bearing surfaces that can slide relative to one another and transmit
load. The science of the behaviour of such surfaces is tribology. There are four
bearing combinations in current use for THR: metal-on-metal, metal-on-polymer,
ceramic-on-polymer and ceramic-on-ceramic. These can be thought of in two groups
- hard-on-hard and hard-on-soft - with separate design issues.
The first THRs used metal-on-metal bearings. Pairs of components were lapped
together, machining technology not being accurate enough to produce surfaces with
the required tolerances. This process frequently resulted in an equatorial bearing pair,
in which contact took place over a large portion of the bearing surface and large
torques were produced by friction at large radii. 	 . Highly congruent bearings
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of hard materials are prone to seize under load and early failed THRs sometimes had
to be hammered apart at revision. If the congruency of the bearing is reduced so that
the contact half-width is reduced t, polar bearing is produced and the frictional
torques are much lower, but contact stresses are increased. Modern hard-on-hard
bearings are designed with differing surface radii that give a clearance of between 50
and 150 rim, ensuring polar bearing (Semlitsch et a!., 1994). Some ceramic-on-
ceramic manufacturers pair the femoral and acetabular components at the factory to
obtain the required clearances, but the processing technology exists to produce each
separately (Murray, 1998).
The wear behaviour of metal-on-metal bearings depends critically on the initial
clearance between the two bearing surfaces (Semlitsch et a!., 1994). Small initial
clearances (<10 rim) are undesirable for the reasons stated above. With the optimum
clearance (between 25 J.tm and 100 tm), the implant at first shows a higher wear rate,
10 - 20 .tm (Streicher eta!., 1990) or 0.20 - 0.80 mm 3 per million cycles (Chan et a!.,
1999). After a "wear in" period of approximately one year (Tager, 1994) this rate
decreases to a stable minimum of 2 - 4 j.tm or 0.07 - 0.11 mm 3 per million cycles.
With too large a clearance (> 200 .tm) the high "wear in" rate continues for the
lifetime of the implant. The wear rate is speculated to depend upon the effective
radius of the contact area, which depends inversely on the clearance (Chan et a!.,
1996). Ceramic-on-ceramic bearings wear at an even lower rate than metal-on-metal -
0.004 - 0.014 mm3 per million cycles depending upon the ceramic (Clarke et a!.,
2000).
Charnley introduced the metal-on-polyethylene articulation. He was concerned with
producing a low friction bearing pair and famously demonstrated the superiority of his
implant over metal-on-metal bearings with the pendulum friction test. He reduced the
size of the femoral head to reduce the moment arm of the friction at the bearing
surfaces. Theoretical analysis of the tribology of metal-on-polymer articulations
predicts mixed lubrication conditions (Fisher and Dowson, 1991). The fluid film
thickness with elastohydrodynamic lubrication is smaller than some of the asperities
on the polymer surface, so boundary lubrication must play a part.
The wear of hard materials on polyethylene has been extensively studied (Unsworth,
1991). One of the most important factors is the surface roughness of the hard
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counterface, with dramatic increases in wear for small increases in roughness. Simple
wear theory characterises a bearing pair with a wear coefficient so that wear is
proportional to load and sliding distance. A study of 200 retrieved acetabular sockets
(Hall et a!., 1998) showed that components with smaller femoral heads and hence
smaller sliding distances had lower volumetric wear rates. However the scatter was
considerable indicating that other factors such as patient activity were equally
important.
The sliding velocity (high velocities lead to frictional heating and higher wear) and
contact stresses (especially if of a similar magnitude to the elastic limit of the soft
bearing material) also affect the wear rate. However increasing sliding velocity
sufficiently for the bearing to enter the hydrodynamic regime will of course markedly
reduce the wear rate. The lubricant used has a dramatic effect on the wear rate -
Besong et a!. (1999) reported that the UHMWPE wear rate was 14 times larger with
deionised water as a lubricant than with 25% bovine serum. Average rates of
penetration of Charnley prostheses range from 0.07 to 0.15 mm/year which
correspond to volumetric wear rates of 25 —60 mm 3/year (Fisher and Dowson, 1991).
Revised sockets showed up to 0.51 mm/year penetration.
Attempts have been made to produce a bearing couple that operates in the fluid film
lubrication regime using layered polyurethane with graded stiffnesses on a metal
backing (Bigsby et a!., 1998). With a zirconia ceramic femoral component the wear
volumes measured were negligible, but there were problems with the debonding of the
polyurethane from the metal (section 2.6.3).
2.5.6 Failure of Total Hip Replacement
The definition of failure of THR is variable and depends upon the purpose of the
study for which failure is defined. Most commonly "failure" is used to mean the re-
operation and removal of one or both components of the THR. Since operation dates
depend upon waiting lists and the persistence and tolerance of pain of the patient a
second definition of failure may be used. A hip score with input from both patient and
clinician gives an indication of the success of the implant. Failure can be defined as
the fall of this rating below some threshold value. A third definition, which may or
may not be included within the second, is radiographic failure. This occurs if the
position of the components as measured on an X-ray has changed by a prescribed
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amount, or if radiolucent lines of prescribed width and extent are apparent. However
radiographic failure may not be accompanied by any symptoms. Unless otherwise
stated the first definition of failure may be assumed to apply in this discussion.
Hip replacements are revised to relieve pain and improve function. Pain is associated
with the mechanical instability of the implants giving rise to large motions relative to
bone during use. This instability or looseness may have arisen for a variety of reasons.
The first is the most familiar to the engineer - the fracture of the implant itself, but
this is comparatively rare in modern prostheses and the solution may be found in
better designs and stronger, more fatigue resistant materials. However, bone cement
may be considered to be an implant material as well and if it is used in too thin a
mantle it will fracture. Thicknesses of the cement mantle below 6 mm on the
acetabular side and 2 mm on the femoral side have been shown to correlate with
aseptic loosening (Massoud et a!., 1997; Joshi et a!., 1998).
A second engineering failure concerns the wear of bearing surfaces. Wear through of
an 8 mm thick PE acetabular component at mean wear rates (0.07 - 0.15 mm/year
(Dowson, 1992)) would take several decades (failure would probably be a secondary
complication to this long before wear through occurred). However with the
interposition of some hard particle, e.g. barium from radiopaque bone cement, or the
scratching of the metal bearing surface, wear can be rapid.
Loosening can be caused exclusively by the infection of the joint. This is termed
sepsis and occurs soon after the surgical procedure. Sepsis accounted for 7.2% of all
revisions in Sweden between 1979 and 1996 and rates have been greatly reduced
following the introduction of clean air operating theatres and antibiotic impregnated
cement (Malchau et al., 1998).
The majority of hip replacements (> 80%) fail following aseptic loosening of the
components (Malchau et a!., 1993). This is a catch-all term for loosening that is not
caused by infection. Theories that attempt to explain the cause of aseptic loosening
with a single mechanism therefore over simplif' the problem. The various factors
responsible are often separated into mechanical and biological groups. However, there
is a close relationship between these two groups: mechanical loosening must have a
biological element and vice-versa.
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The early failure ofjoint replacements can be predicted from the radiological findings
at 2 years postoperatively (Freeman and Plante-Bordeneuve, 1994; Ryd et a!., 1995;
Krismer et a!., 1996; Kobayashi et a!., 1997a). Implants that migrate rapidly in the
first 2 years continue to migrate rapidly and fail early. Migration can be divided into
three phases (Taylor and Tanner, 1996) - initial, stable steady state and rapid to
failure. Some migration in the postoperative period is expected when mechanically
and thermally damaged bone is resorbed and the implant settles. With stable steady
state migration the balance between fatigue damage of bone and repair of that damage
is maintained. Once the rate of fatigue damage to bone exceeds the repair rate,
damage accumulates and the implant begins to migrate more rapidly. Various
mechanisms identified as causes of aseptic loosening are then active and aggravate the
loosening process. These are thought to be secondary to the primary event of fatigue
and migration (Mjoberg, 1994). Many of the mechanisms for bone fatigue failure are
also mechanisms for cement failure. Cement failure may be a primary event (Massoud
eta!., 1997) that upsets the balance between bone fatigue and bone repair rates.
Rates of damage may exceed rates of repair for a variety of reasons. Stress
concentrations (and concomitant stress shielding) in bone may arise from bad design,
poor positioning of the components or poor cementing. The bone may have reduced
strength and ability to repair itself due to disease or age. The implant designers may
not have taken into account all the forces that act between implant and bone. For
example, the torsional moment of up to 5.4% BW m during fast walking that
Bergmann et a!. (1993) measured around the stems of femoral components was not
considered in implants of the time. The implant may be subject to loads it was not
intended to bear. Impingement between the femoral neck and the acetabular
component may occur in active individuals and also in patients in whom the
components have not been well positioned. Friction at the articulating surfaces places
additional torsional forces on the components. However it is accepted that these
frictional forces are well resisted by the implant fixation surfaces (Clarke et a!., 1991;
Adler et a!., 1992; Curtis et a!., 1992) and are not a factor in loosening (Mai et aL,
1996).
Friction at the bearing surfaces also produces heating. Bergmann et a!. (2000) found a
maximum temperature of 43.1° C inside the head of their instrumented implant. There
was considerable variation between patients and a finite element study indicated that
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the volume and properties of the synovial fluid and the perfusion rates in surrounding
tissue were the most important factors. Temperatures raised above 45° C for bone and
42 - 43° C for soft tissue are thought to be damaging. Therefore frictional heating
may play a role in aseptic loosening.
There is wide scope for many different secondary processes once initial loosening has
taken place. The observations that these theories have to explain are accelerated
loosening, generalised and local bone resorption and inflammation. Histological
findings must also be accounted for, including increased macrophage and giant cell
activity and the ubiquitous presence of wear debris. These observations are common
to all types of implant and all bearing material combinations. The most popular theory
currently is that wear debris induces a tissue reaction. Once the accumulation of
particulate wear debris (usually PE) passes a threshold (l0'° particles/g wet tissue
(Kobayashi et a!., 1997b)) an inflammatory response is triggered in which bone is
actively resorbed. A second, competing theory is that of osteocyte death caused by
fluid motion and pressure in the caniculae (Aspenberg and van der Vis, 1 998a). The
micromotion of the implant relative to the bone results in a pumping action, pushing
fluid (and with it wear debris) into the bone. The death of the osteocytes results in the
resorption of the bone. Animal experiments attempting to replicate particle induced
osteolysis appear to show that particles in the absence of micromotion merely
diminish osteoblastic activity (Aspenberg and van der Vis, 1 998b). Osteoclastic action
independent of osteocytic control (i.e. without some osteoblastic activation) is only
found in the resorption of necrotic bone and therefore Aspenberg and van der Vis
suggest that this is the process occurring.
McGee et a!. (1997) state that "polyethylene particles ... induce a tissue response that
precedes aseptic loosening". They offer circumstantial retrieval evidence and cite an
in vitro study that found increased levels of a marker for bone resorption
(prostoglandin 2, PGE2) in macrophages cultured with UHMWPE particles 0.5-4.0
p.m at high (8 x 1 7 particles cm 3) and even higher levels of PGE 2 in cultures with Ti
alloy particles. However they admit that "initial stability and the degree of bone
apposition to an implant are important in determining the effects of wear". Whether
micromotion at the interface is the cause through fluid pressure oscillation of bone
resorption or whether it simply allows ingress of wear particles seems to be
immaterial. Wear particles are clearly a secondary problem to that of initial stability,
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as is demonstrated by the predictive value of initial migration. Instead of attempts to
ever increase the wear resistance of UHMWPE, more effective and fruitful research
will address the primary problem of achieving good initial stability.
Revision of THR for aseptic loosening of the femoral component occurs later than for
loosening of the acetabular component (Morscher, 1992). The reasons for the
vulnerability of the acetabular component are uncertain. Acetabular components have
undergone fewer modifications and less emphasis has been placed on their
development. The area of fixation of an acetabular component is smaller than that
available for a femoral component. Assuming a constant rate of loss of fixation (Mai
et al., 1996) the acetabular component will loosen first. The acetabular fixation
interface is closer to the articulating surfaces and so wear debris (or pumped joint
fluid) may have easier access (Black and Sholtes, 1982).
2.5.7 Revision of Hip Replacement
The revision of THR is a complex and time-consuming operation. The bone resorbing
processes associated with loosening implants reduce the quality and quantity of bone
available for fixing new devices. Revision of one component may inevitably mean the
removal of the other, however well fixed. While cement extraction is a painstaking
task a well fixed bone ingrowth implant is even more difficult to remove without
causing damage to the bone stock (Wilson et a!., 1992).
Revision of THR will become more and more common as life expectancy increases
and candidates for THR become younger and younger. The challenge is the
conservation of bone stock. Young patients can expect multiple revisions and if every
loosening destroys more and more bone then eventually conventional hip replacement
becomes impossible. Conservation of bone stock can be effected in two ways. The
first is to reduce the bone loss during loosening. This means understanding the
processes of loosening and attempting to design implants and operative techniques
that eliminate the causes - wear particles, fluid pressure etc. Early detection of
loosening and early operation would also reduce bone loss. Early revision, sometimes
in asymptomatic patients, is practised only at specialist orthopaedic centres
(Wroblewski et a!., 1999). The second way to conserve bone is to ensure that the
quantity of bone removed at the primary replacement operation is as small as possible.
At each subsequent operation bone removal will be incremental. This approach must
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also include the reduction of the scale of bone loss during loosening, otherwise there
may be no gain over other less conservative operations. This second method is the
subject of this thesis and will be treated more extensively in the sections below.
2.5.8 Alternatives to Total Hip Replacement
While THR is a very successful operation, it is not indicated in every case of hip joint
disease. Techniques descended from the early methods of excision arthropiasty still
have a place in the surgical armamentarium. Arthrodesis involves the removal of
cartilage and the setting of the hip joint as if it were a bony fracture. Although all
movement at the hip is lost relief of pain is gained and walking can still be possible.
In an osteotomy the femur or the pelvis is cut in one or more places and the sections
displaced and rotated. This might bring into use undamaged sections of articular
cartilage or produce a more favourable mechanical situation for muscles about the
joint. A recent study of this technique indicated a 67% survival rate at 12 years in
young (mean age 38) patients (D'Souza eta!., 1998).
Autologous chondrocyte culture and reimplantation is the use of a patient's own
healthy cartilage cell population to fill in defects in the cartilage surface. While the
technique is not suitable for use in extensive erosions its current limited use in
repairing small defects in the knee has shown high clinical success rates at 2 - 9 years
(Peterson et al., 2000). Biopsy specimens from the repair sites showed hyaline-like
tissue containing collage type II as opposed to fibro-cartilage which is commonly
found in untreated lesions. Although currently experimental and with limited
indications, this approach of regenerating rather than replacing tissue is clearly the
future of the treatment of joint disease.
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2.6 Materials for Joint Replacement
2.6.1 Biomaterials
A material must fulfil two requirements before it can be used successfully in the
human body (Williams, 1992). The first requirement is that it be capable of carrying
out its prescribed function (e.g. load bearing, sound transmission) in the physiological
environment. The material must also exhibit biocompatibility. This is a complex
requirement that the interactions between the material and its biological environment
must not prejudice its prescribed function. Problems of incompatibility arise because
of the crudeness of the artificial model of living tissue, both biologically and
mechanically.
The three functions of load bearing, load transmission between implant and
supporting tissue and motion defme the requirements for materials used in joint
replacement. The loads on a hip replacement during level walking are of the order of
3 kN (Bergmann et al., 1993). This will produce stresses of 30 MPa when applied
axially to a typical THR femoral neck, with a cross sectional area of 100 mm2.
However the loading is usually applied in bending so stresses may be much higher.
While there are many materials that can withstand this magnitude static stress, there
are few biocompatible ones that can survive a 20 year life with up to 3 x 10 6 cycles
per year (Walibridge and Dowson, 1982). Load transmission to the surrounding bone
defines the strength requirements for the interfaces between the implant and living
tissue. The strength of the implant-bone interface is dependent upon the tissue
reaction to the implant material, discussed below. Material stiffnesses similar to those
of bone (section 2.1) are required to distribute load evenly across the interface. Joint
replacement requires bearing materials that have low wear and friction. The wear
resistance of a bearing pair is determined by many different mechanical properties,
since wear proceeds by various mechanisms.
The physiological environment is aggressive and the body is well equipped to defend
itself against foreign objects. This suggests that only the most inert materials are
suitable for use in implants, however no material is completely inert, that is eliciting
no response at all from the body. A bioactive material interacts beneficially with the
surrounding tissue. Long term biocompatibility may be divided into issues of material
degradation and host response. Corrosion of metals is the most obvious form of
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degradation, but polymers and ceramics also change due to attack by chemical and
biological agents within the body.
The host response is the most complex part of the implant-tissue interaction.
Responses occur both local to the implant and remotely (systemic effects). The local
host response to an implant can be considered a modification to the normal wound
healing process (Williams, 1992), which consists of two overlapping phases. The first
phase is inflammation, when cells are attracted to the site of the injury, damaged
tissue and dead cells are removed and foreign bodies such as microbes are attacked by
the immune system. Repair, the second phase, begins with the re-vascularisation of
the wound area, then continuity is re-established by the laying down of new
connective tissue. An implant within the wound site will prolong inflammation and, in
the worst case, will act as a persistent source of irritation. With a perfectly inert
material the inflammation, though prolonged, would resolve and the implant would
become encapsulated by a thin fibrous layer.
Degradation products may also provoke local responses. Corrosion products of metals
and polymer degradation products may interfere with local cell activity. Particulate
debris will exacerbate the inflammatory response caused by the implant. The products
of implant material degradation, particularly if soluble, can enter the blood stream and
so affect many organs and tissues throughout the body, the systemic effect of an
implant. Metal ions may be excreted leaving no residue or they may accumulate in
certain tissues. There is concern that the accumulation of metal ions in various organs
may cause cancer, although evidence of reduced incidence rates in joint replacement
patients has been documented (Lewold eta!., 1996; Visuri eta!., 1996; Paavolainen et
a!., 1999). Hypersensitivity to metals in implant alloys has been demonstrated in
patients with loose THR (Merritt and Brown, 1996). Exposure to methylmethacrylate
monomer from the curing bone cement in sufficient quantities can cause a rapid and
potentially fatal loss of blood pressure.
2.6.2 Metals
Metals and their alloys readily meet strength, toughness and fatigue resistance design
criteria for load bearing. They can be hardened and surface finishes with low
roughness and high tolerance can be achieved. However in the aggressive
physiological environment most metals will corrode and those that do not, such as
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gold and platinum, are too soft for structural use. Therefore metals that are in a
passive corrosion regime are used so that the corrosion rate is small enough not to
endanger mechanical function or provoke adverse biological reactions. Passivation is
achieved by the build up of a layer of oxide on the metal surface. There are three
metal alloys in current use and their mechanical properties are listed in Table 2.6.1.
Table 2.6.1 Mechanical properties of metals and alloys used in implants. a is 0.2% offset yield
strength, a is ultimate tensile strength, % EL is % elongation to fracture, E is Young's
Modulus from 1. Pilliar and Weatherly (1986), 2. Smith (1995), 3. Howatson et aL (1994), 4.
Fraker (1992).
Metal Alloy	 (MPa)	 (MPa) % EL E (GPa)	 Reference
StainlessSteel	 _________ ___________ ______ _________ _________________
316L annealed	 170	 480	 40	 190	 ASTM F138 (1986)
316L cold-worked	 310	 655	 28	 200	 ASTM F138 (1986)
Ortron9O	 810	 1150	 15	 1
Duplex (2205)	 550	 800	 25	 2
CobaltChrome	 _________ ___________ ______ _________ _________________
cast Co-Cr-Mo	 450	 655	 8	 248	 ASTM F75 (1982)
Wrought Co-Cr-W-Ni 310	 860	 30	 242	 ASTM F90 (1982)
Wrought Co-Ni-Cr-Mo 241-448	 793-1000	 50	 228	 ASTM F562 (1984)
soln._annealed	 _________ ___________ ______ _________
cold worked	 1586	 1793	 8	 _________ ASTM F562 (1984)
Titanium________ _________ _____ ________ _______________
c.p.	 100-225	 240-370	 ______ 120	 _________________
Ti-6A1-4V	 800-900	 900-1000	 ______ 115	 _________________
2.6.2.1 Stainless steels
Low cost and ease of fabrication make stainless steel an attractive implant material. In
stainless steels chromium (in concentrations of at least 12 wt. %) is responsible for
forming the surface oxide layer that prevents corrosion. Molybdenum increases
resistance to pitting corrosion and the carbon content is decreased to prevent
intergranular corrosion at grain boundary carbides. Nickel is used to stabilise the
austenitic (fcc) phase at room temperature and is balanced by the chromium which
stabilises the ferritic (bcc) phase (Table 2.6.2). 31 6L steel is prone to crevice and
pitting corrosion and it is now only used for temporary implants (6— 12 months). The
corrosion and mechanical properties of Ortron 90, the austenitic stainless steel used in
the manufacture of the Charnley implant, are enhanced by the addition of nitrogen and
niobium.
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Table 2.6.2 Composition of stainless steels used in joint replacement from 1. Pilliar and
Weatherly (1986).
__________ Element_(wt.%)	 _____ _____ - _____ _____ _______
Alloy	 C	 Mn P	 S	 Si	 Cr Ni	 Mo N2	Nb Fe
316L	 0.03	 2.0	 0.025	 0.01	 0.75	 17.0	 13.0	 2.0 -	 -	 balance
(ASTM	 max max max max max to	 to	 to
F138)	 _____ ______ ____________________ 19.0 15.5 3 0 _____ _____ ________
Ortron90'	 0.05	 3.7	 0.017 0.003 0.19 21.4 9.3	 2.7 0.39	 0.28 balance
The mechanical properties depend upon the extent of work hardening and fatigue
strengths follow the Hall-Petch equation. Austenitic steels are preferred to ferritic
steels which are particularly susceptible to grain coarsening, linked with fatigue
failure of implants.
2.6.2.2 Cobalt alloys
Cobalt chromium was first used as the alloy Vitallium ® in dental applications and was
adopted in the 1930s by Smith-Petersen for his interposition arthroplasty. Cobalt
alloys have since been used widely in other fields, including aerospace and turbines
and, although now largely replaced in these applications by nickel superalloys, their
properties are well established (Sullivan et a!., 1970). Hardening of the fcc cobalt
matrix occurs mainly as a result of carbides (chromium, titanium) and intermetallic
precipitation (aluminium, nickel, titanium), but solid solution strengthening also
contributes (tantalum, niobium, tungsten). Corrosion resistance is obtained by the
addition of chromium, molybdenum, tungsten and aluminium (Table 2.6.3).
Table 2.6.3 Composition of cobalt base alloys used in joint replacement from Kohn and Ducheyne
(1992).
___Ekme - - - _	 __
Alloy	 Cr Mo Ni Fe C	 Si Mn P	 S	 W Ti Co
Cast Co-Cr- 27.0 5.0	 1.0	 0.75 0.35 1.0	 1.0	 -	 -	 -	 -	 Balance
Mo (ASTM to to max max max max max
F75(1982)) 30.0 7.0 - - - -	 _____ -	 _______
Wrought	 19.0 -	 9.0 3.0	 0.05 0.40 1.0	 0.04	 0.03 14.0 -	 Balance
Co-Cr-Mo to	 to max to	 max to	 max max to
(ASTM F 21.0	 11.0	 0.15	 2.0	 16.0
90(1982)) - - -	 - - _____ -	 _______
Wrought	 19.0 9.0	 33.0 1.0	 0.02 0.15 0.15 0.015 0.01 -	 1.0	 Balance
Co-Ni-Cr- to to to max 5	 max max max max	 max
Mo (ASTM 21.0 10.5 37.0 	 max
F562
(1984)) --	 ___	 ____
Thermal processing of the as-cast alloy is important. As-cast material is
inhomogeneous and large grained, both of which result in poor mechanical and
corrosion properties. The alloy is heat treated and aged to allow the controlled
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precipitation of carbides and intermetallics. Wrought cobalt chrome alloys have a
finer grained structure with a fine carbide distribution. This gives them superior
corrosion resistance and mechanical properties to as-cast and solution annealed alloys.
Hot isostatic pressing (HIP) increases the fatigue strength of the alloy by eliminating
porosity and grain boundary carbides. This is important because in vivo failure of Co-
Cr-Mo stems is linked with fatigue crack initiation at casting defects (Kohn and
Ducheyne, 1992).
A Cobalt nickel alloy is also as used as an implant material. The alloy is called
MP35N, MP standing for multiphase, since the cobalt matrix is present in both fcc
and hcp phases. The transformation from fcc to hcp is achieved by work hardening.
2.6.2.3 Titanium
Titanium is used both in commercially pure (c.p.) form, as a coating, and alloyed with
6 wt.% aluminium and 4 wt.% vanadium for load bearing applications. Other Ti
alloys with sufficient strength and corrosion resistance are available, but are not used
commonly. Thermal and thermomechanical treatments determine the relative
quantities of a (hcp) and 13 (bcc) phases, yielding a wide variety of microstructures
and mechanical properties. Oxygen, carbon, nitrogen and hydrogen are all highly
soluble at room temperature and if not controlled at all processing stages will
embrittle the alloy. Table 2.6.4 shows the composition limits for c.p. Ti and Ti-6Al-
4V.
Table 2.6.4 Composition of commercially pure (c.p.) Ti and Ti-6A1-4V from Kohn and Ducheyne,
(1992).
__________________ Element (wt.%) ________ ________ _________ ______ ________ _________
Alloy	 N2	 C	 H2	 Fe	 02	 Al	 V	 Ti
c.p. Ti (ASTM F67 0.03	 0.10	 0.0125 0.20	 0.18 max -	 -	 balance
(1983))	 max max max max	 _____ ____ ____ _____
Ti-6A1-4V (ASTM 0.05	 0.08	 0.012	 0.25	 0.13 max 5.50	 3.50 to balance
F136 (1984))	 max	 max	 max	 max	 to	 4.50
__________________ _______ ______ _______ ________ _________ 6.50 _______ ________
ASTM F136 recommends a fine (3-10 j.im) equiaxed a grain structure with a
dispersion of 13 for surgical implants. Lamellar microstructures may also be used for
implant material and may be refined by ageing treatments. The fatigue properties of
titanium alloys are extremely sensitive to microstructure, with conflicting
requirements for resistance to crack propagation and to crack nucleation (Pilliar and
Weatherly, 1986). However high cycle fatigue life is controlled by crack nucleation
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for which the optimum microstructure is that of fine equiaxed a grains with a well
dispersed phase.
C.p. Titanium, as used in dental implants, is the material around which the theory of
osseointegration developed. The term was coined by Brânemark in 1977 (Albrektsson
et a!., 1998) to describe intimate bone to implant contact on an histological level. A
loaded implant that has at least 50% average surface area contact with bone and, at its
passage through cortical bone, 90% surface area contact, may be defined as
osseointegrated. Implants of c.p. Ti showed better osseointegration than implants of
Co-Cr, stainless steel and even Ti-6A1-4V. This may be because of the high dielectric
constant of Ti02 which makes up the protective surface layer. A high dielectric
constant is supposed to inhibit the movement of cells to the implant surface and so
promote a positive biological response (Kohn and Ducheyne, 1992).
2.6.2.4 Corrosion
Corrosion is a problem not only because loss or degradation of material will affect
mechanical function, but also because the products of corrosion will affect the local
and systemic biocompatibility of the implant. All the metals and alloys mentioned so
far possess passivating oxide layers, however, passive films do not prevent corrosion
completely.
Pitting and crevice corrosion may take place at defects in the passive layer or at sharp
discontinuities in the surface profile, particularly in 31 6L stainless steel. Pitting and
crevice corrosion do not occur with titanium and cobalt based alloys. Ti-6A1-4V has
been shown to have superior resistance to the combined effects of mechanical fatigue
and electrochemical reaction compared to 316L and Co-Cr alloys (Fraker, 1992). In
fretting corrosion the passive layers of two metal surfaces in contact are broken down
mechanically by oscillatory relative motion. The hard metal oxide debris then acts as
an abrasive third body increasing the wear of the surfaces and allowing rapid
corrosion of the unprotected metal. Titanium has the ability to reform its oxide layer
extremely quickly, whereas Co-Cr repassivates only after the release of a large
amount of dissolution product.
The galvanic corrosion of pairs of dissimilar implant metals is determined by the
difference in rest potential in the physiological environment. While
thermodynamically these reactions may be possible, their speed depends upon the
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kinetics of the anodic and cathodic reactions and the ratio of the surface areas of the
implants involved. Dissimilar metals are often used within the same device with
apparent disregard for galvanic effects. Kawalec et a!. (1995) carried out short term
fretting corrosion tests on combinations of Ti-6A1-4V and CoCr. The titanium alloy
was damaged less when fretted in a mixed metal combination. Unfortunately the large
volume of wear debris produced obscured any galvanic effects. Table 2.6.5 shows the
relative potentials of some common implant materials.
Table 2.6.5 Anodic back series of implant metals and alloys in equine serum versus standard
carbon electrode (SCE). From Fraker (1992).
Metal or alloy Ti Ta Au Cr-Ni-Mo Cr	 Cr-Co-Mo 316L	 Ag	 Co
stainless
Potential vs	 3.5	 1.65	 1.0	 0.88	 0.75	 0.65 -0.75 0.48	 0.11	 -0.35
SCE (V)
Even if all the above forms of corrosion are prevented, slow dissolution of metals still
occurs with the surfaces in their passive state. Using metals as implant materials
therefore raises several serious questions including what material is released, how
much is released, what effect it has on biological reactions, how much is excreted,
what the site of any accumulation is and the biological effects of such accumulation.
Experiments attempting to answer these questions by measuring levels of ions in
blood serum or urine are confounded by the unknown role that these ions play in
metabolism.
2.6.2.5 Wear mechanisms
Wear can take place between two similar metal surfaces by abrasion and by adhesion.
In abrasive wear a hard third body or a hard component within the metal ploughs
material from the opposite surface. Adhesive wear occurs when the raised stresses
local to an asperity disrupt the surface oxide layer to produce a cold weld to the
opposing surface. Subsequent movement fractures the asperity and material is
transferred from one surface to the other. The process hardens the metal of the
asperity which may then produce abrasive wear.
In spite of its rapid repassivation, titanium has poor wear characteristics because of
the low resistance to abrasion of the oxide layer. This fails by spalling, producing hard
Ti02 particles, third bodies for further abrasive wear. The Beuchel-Pappas range of
joint replacements are all coated with titanium nitride (TiN) which is claimed to
reduce the wear rate on UHMWPE to two thirds of that of Co-Cr (Pappas et a!.,
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1995). Versions of the 3M Capital THR with a TIN coated modular head had a higher
loosening rate than those with an uncoated Co-Cr modular head, although this
difference was not statistically significant (Massoud et a!., 1997).
The wear of cobalt chrome alloy bearing pairs has been the subject of recent
controversy. The effects of processing and bulk properties on the wear properties of
the bearing were at issue. Unfortunately the metallurgical questions were not central
to the debate and while laboratory wear tests showed that one type of processing
produced a combined femoral and acetabular linear wear rate of 6 pm per annum
(Corin, 1998) there was no proper comparison with other processing routes. McMinn
(1997) speculated that carbides play a central role in Co-Cr on Co-Cr bearing and that
the majority of contact took place carbide to carbide. Wear tests comparing high
Carbon wrought, low Carbon wrought and as-cast Co-Cr (Chan et a!., 1999) showed
significant differences in wear rate only during an initial "wear in" phase. Low C
material had significantly larger initial wear rates than as-cast and high C material.
There was no significant difference between high C and as-cast alloy. Steady state
differences in wear rates were not significant. Surface roughness and bearing
clearance were shown to be far more important factors. Differences in wear rates seen
previously between alloy grades may have arisen from the lower surface roughness of
the finer grains and carbide precipitates in wrought material (Chan eta!., 1996).
In metal on polymer bearing systems the wear rate may be increased rapidly by the
scratching of the metallic surface (McNie et a!., 1998). Scratching on metal surfaces
raises two lips on either side of a trough. Finite element studies of the contact between
a scratch lip and a polymer surface (McNie et a!., 1998) show that the ratio of the lip
height to its width is critical in determining the magnitude and location of the plastic
strain in the polymer surface. These factors in turn determine the severity of the wear.
2.6.3 Polymers
Polymers can fulfil two of the three requirements of joint replacement materials,
providing load distribution and articulating surfaces. For load bearing applications
such as THR femoral stems they are generally used in conjunction with metals as they
have stifThesses much lower than bone. However a polymer (e.g. PMMA) which can
be moulded to the contours of bone and harden in situ will provide a good even load
distribution. Polymer bearing counterfaces have low friction and follow the traditional
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engineering design of using a hard material for the convex component bearing upon a
concave component of less hard material.
2.6.3.1 Polyethylene
Polyethylene was first produced in low density form by IC! in 1939 and High Density
Polyethylene (HDPE) was introduced in the 1950s (Dowson, 1992). Charnley began
the use of HDPE as an implant material in the early 1960s (Charnley, 1963).
Polyethylene has a simple (C 2H2) structure with no side groups. This structure and
the mobility of the chain allow a high degree of crystallinity, the ratio of crystalline to
amorphous regions in the material. HDPE has a lower degree of branching than Low
Density PE (LDPE) producing more efficient packing and hence higher crystallinity
and density. Ultra High Molecular Weight PE (UHMWPE) although of lower density
and crystallinity than HDPE has much larger mean relative molecular weight, ranging
from 1 to 4 x 106 gmol' (Kohn and Ducheyne, 1992). Increases in the degree of
crystallinity increase stiffness and yield strength, but decrease toughness, while
increasing molecular weight improves tensile and impact strengths. Table 2.6.6
compares the properties of LDPE, HDPE and UHMWPE.
Table 2.6.6 Physical and mechanical properties of polyethylene. MW is molecular weight, UTS is
ultimate tensile strength and %EL percentage elongation to fracture from Kohn and Ducheyne
(1992) and RS data sheet (1992).
Property	 LDPE	 HDPE	 UHMWPE
MW / grnoi'	 3 to 4 x iO3	 5 x 10	 ito 4 x lO
Density I Mgrn	 0.90 to 0.93	 0.92 to 0.97	 0.93 to 0.94
Modulus / MPa	 96 to 260	 410 to 1240	 70 to 490
Yield strength / MPa	 -	 -	 21 to 25
UTS / MPa	 4 to 16	 21 to 40	 37 to 46
%EL	 90to800	 2OtolOO	 200to525
Hardness / Shore D	 -	 -	 64 to 67
The manufacturing method used for UHMWPE determines the properties and
homogeneity of the material. There are three distinct methods (Li and Burstein, 1994).
In direct compression moulding (DCM) UHMWPE powder is placed in a mould and
heated under pressure to consolidate it and form the final shape of the device.
Secondly, the UHMWPE powder may be ram extruded into cylindrical bar stock,
which can then be machined to the fmal shape. The third method is to mould large
sheets of UHMWPE, which are then machined to the implant shape. The homogeneity
of the material from each process is determined by the uniformity of the processing
conditions across a material batch and across each component. DCM produces
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consistent components, but the material properties vary from the surface to the
interior. Ram extrusion produces components that have uniform material properties,
but those properties vary between components machined from different parts of the
bar stock (Lewis, 1997). Moulded sheet machining may be seen as an attempt to
compromise between these two extremes.
Many different grades of UHMWPE are used for the production of implants. The
Hoechst numbering system assigns a four digit GUR code to each grade, e.g. GUR
1120. The leading figure one indicates that this is medical grade polymer. The second
digit is one for a polymer containing calcium stearate and zero otherwise. The third
digit indicates the molecular weight: 2 for lower (-4 million gmo1') and 5 for higher
(- 6 million gmoY'). The final digit is always zero.
UHMWPE is used for acetabular cups and cup liners and the tibial trays of knee
replacements. The most critical properties are wear and creep resistance although
fatigue and environmental resistance are also important. Wear of UHMWPE occurs
through abrasion and adhesion mechanisms. Adhesive wear results in the
accumulation of a transfer layer of polyethylene on the hard counter bearing surface.
This is a well accepted mechanism for polymer wear industrially. However in
laboratory wear tests of hip replacements transfer layers have been observed with
distilled water but not with serum lubrication so this mechanism may not operate in
vivo (Bigsby et a!., 1997). Abrasive wear in joint replacement is produced by
damaged metal surfaces or by hard third body particles. The third body may be a
particle of bone cement or a fragment of bone and will abrade the bearing surfaces
directly. The roughening of the hard counterface by the third body will increase the
long term wear rate. Wear may also be increased by the deterioration of the
mechanical properties of the subsurface layer of the polymer through oxidation (Li
and Burstein, 1994).
Although polyethylene in bulk elicits little tissue reaction, polyethylene particulate
debris resulting from wear processes has been linked with a more severe reaction
(section 2.5.6).
The wear behaviour of UHMWPE is complex. During wear testing molecules in the
surface of the polymer orient preferentially with the direction of the principal stress
component (Wang et al., 1997). This orientation is a form of strain hardening and it
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reduces the wear rates observed in a linear (single direction) test. However a
concomitant effect of orientation is strain softening in the perpendicular direction. In a
biaxial wear test the strain softened direction is loaded by a secondary stress and
surface rupture results. UHMWPE with increased cross linking between molecules
(which are therefore less able to change orientation) shows increased wear in linear
tests and reduced wear in biaxial tests. Dramatic reductions in wear rates in hip
simulator wear studies (McKellop et a!., 1999) with cross linked UHMWPE have also
been demonstrated. However a concomitant effect of cross linking is the stiffening of
the polymer which, in the case of a scratched metallic opposing bearing, will increase
the rate of wear.
Cross linking in UHMWPE can be achieved by gamma irradiation or by addition of
peroxide to UHMWPE powder before direct compression moulding (McKellop et a!.,
1999). Radiation exposure has a detrimental effect on the mechanical properties of the
polymer. McKellop suggests 10 MRad is the optimal radiation dose for achieving
saturated cross linking without reducing strength, elongation and stiffness values
below the AS1'M (F648-96) standard for medical UHMWPE. The remelting of bar
stock following radiation cross linking has been shown to reduce the surface oxidation
which may occur due to free radicals remaining in the material following radiation
(McKellop et a!., 1999).
Gamma irradiation became the industiy standard technique for UHMWPE
sterilisation in spite of the well documented effects of radiation on polymers.
Birkinshaw et a!. (1988) studied the effects in UHMWPE of irradiation in air and
showed increases in crystallinity, ultimate tensile strength and reduction in elongation
at break for doses of 10 MRad. They proposed a mechanism involving the production
of metastable groups containing oxygen at the initial radiation event. These groups, on
ageing, decompose to carbonyl groups resulting in chain scission and cross linking.
Baker et a!. (1999) showed that irradiation in air produced material with reduced
fatigue crack propagation resistance compared with material irradiated in an inert
atmosphere and untreated material.
Carbon fibre reinforcement (CFR) of UHMWPE increases the strength, stiffliess and
creep resistance of the material. The wear rate using alumina on CFR polymer is
supposed to be much reduced (Scheller et a!., 1999), but this is controversial. The
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biological response to particulate reinforced polymer is similar to the response to
unreinforced polymer (Rushton and Rae, 1984).
Enhanced UHMWPE (DuPont tradename "Hylamer") has increased crystallinity
without a reduction in molecular weight. In the laboratory it has demonstrated
increased yield strength, hardness and greater resistance to creep, crack growth and
oxidation. However in clinical use acetabular components made from Hylamer have
performed only slightly better (Sychterz et al., 1998) and in one study less well
(Graeter and Nevins, 1998) than conventional UHMWPE. Another study (Collier et
a!., 1998) has suggested that, while fresh Hylamer may have similar or even superior
wear properties to UHMWPE, its mechanical properties are more quickly degraded by
oxidative attack, resulting in poorer long term performance.
2.6.3.2 Polyacetal
Polyacetal, also known as polyoxymethylene (POM) has the general formula
(OCH2). Deirm® is the trade name for the polyacetal homopolymer marketed by Du
Pont. Its linear backbone structure is similar to that of polyethylene. However the
shorter backbone (C-O) bond allows closer packing of the molecules, giving a harder
polymer with a higher melting temperature. Other properties which arise from this
structure are increased toughness, resistance to chemical attack and resistance to
fatigue and creep. The copolymer form of polyacetal has slightly superior resistance
to "unzipping" to monomer (formaldehyde), but its mechanical properties are inferior
to those of the homopolymer. The second monomer in polyacetal co-polymer is
generally a cyclic ether, for example ethylene oxide (Brydson, 1993). Table 2.6.7
compares the properties of Delrin homo-polymer with co-polymers from two different
sources.
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Table 2.6.7 Selected properties of polyacetal from http://www.dupont.com ; RS data sheet (1992);
Chanda and Roy (1998); Brydson (1995).
Property	 Deirin hiP Copolymer BASF
_______________________________ _____________ _____________ copolymer
Yield strength / MPa	 72	 58	 60-69.9
% elongation to fracture	 40	 _23-35	 ___________
Tensile modulus / GPa	 3 10	 2.5	 2.8
Density/Mgm 3 	142	 1.41	 _________
Hardness / Rockwell R	 120	 80	 ___________
% water absorption: 24 hr 	 0 4	 0.22	 0.22
Equilibrium	 0 9	 0.8	 ___________
Notch nnpactstrength/kJm 2 	11-13	 9	 9
Melting temperature 1°C	 175	 163	 157
The fatigue limit for polyacetal is approximately 30 MPa at 1 7 cycles tested at 100%
relative humidity and 25°C (Brydson, 1993). Although the moisture content does not
appear to affect this value the presence of notches has a profound effect.
Gamma irradiation of polyacetal results in a severe deterioration of mechanical
properties and, with sufficiently high doses, the loss of physical integrity of the
material. A maximum level of 1.5 Mrad is recommended (Skeins and Williams,
1983).
Polyacetal has been used in several different joint replacements and also in heart valve
replacements. The stem of the Isoelastic RM total hip replacement had a tapered
titanium core surrounded by a polyacetal sheath, designed to reduce stress shielding of
the femur by creating a composite stem with a structural stiffness similar to the
femoral shaft (Morscher and Dick, 1983). The clinical outcome of this design was
poor, with a 10% revision rate at a mean follow up of 8 years (Niininmaki et a!.,
1994), but this was not linked to adverse reactions to polyacetal, but to the cementless
fixation and large diameter neck of the femoral component. In the Christiansen THR,
a four-component implant, polyacetal homopolymer was used for the trunnion liner
and for the acetabular cup, which articulated against a cobalt-chromium femoral head.
The implantation of this prosthesis was discontinued after high aseptic loosening rates
were reported (Ahnfelt et a!., 1990). The large quantities of wear debris from both
polyacetal components were supposed to have caused an unusually powerful synovial
reaction that actively broke down bone tissue. However, from work measuring wear
rates in retrieved implants, Mathiesen et a!. (1986) concluded that the large volume of
wear debris and increased friction were sufficient explanation for the high rates of
aseptic loosening. Polyacetal homopolymer has also been used for nearly thirty years
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as the occiuder disc of the Bjork-Shiley Delrin ® (BSD) heart valve. Characterisation
of retrieved material from both BSD heart valves and from the Christiansen hip has
been carried out to determine the long term stability of polyacetal in the body
(McKellop et aL, 1996). FTIR, viscometry and chromatography of controls and
implants retrieved after up to 20 years all indicated that no systematic degradation of
polyacetal took place under exposure to body fluids. In particular no evidence was
found in the Christiansen hip retrievals of a reduction in wear resistance due to
degradation of the polyacetal.
In 1980 Freeman began to implant a series of total knee replacements using polyacetal
femoral components (Bradley et al., 1993). The use of polyacetal was justified by
reduced stress shielding due to its lower stiffness, absence of metal ion release, low
cost, radiolucency and lower wear rates bearing on UHMWPE compared with Co-Cr.
Following conventional engineering practice, the harder, stiffer material was used for
the convex bearing. The outcomes of a clinical comparison between all-plastic and
identically shaped metal-on-plastic knee replacements were confounded by fixation
and sterilisation issues (Moore et at, 1998). However no knee replacements failed
because of fracture or wear of the Delrin femoral component.
The reduced wear rates cited by Bradley et a!. (1993) were produced by McKellop et
a!. (1993) who used a hip simulator to compare the wear rates of polyacetal
copolymer (Hoechst) and Co-Cr on UHMWPE. The polyacetal component studied
was a 41 mm diameter sphere and the Co-Cr comparison was a 41 mm diameter
femoral head surface replacement component. Both were articulating against
UHMWPE cups machined from the same sample and sterilised at the same time. The
all polymer bearing showed reduced frictional torque and reduced U}{MWPE wear.
The total wear volume of the all-polymer bearing, that is wear of both polymers, was
23% less than the UHMWPE wear volume of the metal on polymer bearing.
2.6.3.3 Bone cements
The main functions of bone cement are to stabilise a prosthesis by filling the gap
between it and bone and to transmit loads from the prosthesis to bone (Kohn and
Ducheyne, 1992). Polymethylmethacrylate (PMMA) has been used as a bone cement
for nearly 40 years with little change in its composition and structure. PMMA is
prepared in the operating theatre from powdered polymer containing an initiator
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catalyst and liquid monomer containing an activator. Polymerisation is initiated on
mixing these components and proceeds by an exothermic free radical reaction.
Barium or zirconium sulphate is usually added to the polymer powder to render the
cement X-ray opaque and antibiotic is commonly added to reduce the risk of
infection. Control of the exothermic polymerisation reaction is essential to prevent
thermal damage to the bone. The thermal expansion and contraction of the polymer
itself must also be limited to maintain good contact with the surrounding bone and
implant surfaces. Acute exposure to high levels of monomer at operation is known to
be dangerous, but there is also concern about chronic exposure to low levels of
unreacted monomer leaching from the bone cement (Borzacchiello et a!., 1998).
Mixing is carried out under vacuum to prevent the entrapment of air bubbles that
would weaken the cement. However, significant porosity is always present in set
material produced by polymerisation shrinkage. The mechanical properties of PMMA
(Table 2.6.8) are determined by a range of physical factors - the powder size
distribution, ratio of powder to liquid and molecular weight - and by the mixing
technique.
Table 2.6.8 Mechanical properties of PMMA. UTS is ultimate tensile strength, UCS is ultimate
compressive strength from Kohn and Ducheyne (1992) and Black (1988).
Property	 Range
Tensile modulus I GPa	 1.6 to 2.6
UTS/MPa	 24to48
% elongation to fracture	 5 to 10
UCS/MPa	 77to92
The porosity of the set material, the presence of particles of barium sulphate and the
roughness of the bone-cement interface all provide sites for crack initiation in bone
cement. PMMA is a brittle material and stronger in compression than in tension.
Fatigue failure may therefore be seen as the main mechanical problem. However
definitive studies determining the critical flaw size and stress intensity where the
governing stage of fatigue changes from crack initiation to propagation have yet to be
carried out.
2.6.3.4 Other Polymers
Polyurethane (PU) has been considered for use as an acetabular cup lining material
(Bigsby et a!., 1998). Hip simulator wear tests showed that a "soft lining" concept
using layers of PU with graded moduli in a metal shell could produce fluid film
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lubrication with lower wear rates than UHMWPE cups. There were some problems
with debonding of the PU from the substrate. More recent work (Smith et a!., 2000)
has confirmed that the lubrication regime in PU compliant bearings is closer to full
fluid film than in conventional UHMWPE bearings. Smith et a!. reported PU wear
rates of 12.0 ± 3.6 mm3 per million cycles compared with UHM\VPE wear rates of
48.2 ± 3.7 mm3 per million cycles when paired against 28 mm CoCr femoral heads.
Creep of the material may be a problem since penetration gives rise to the "pinching"
of the femoral component which starves the bearing surfaces of lubricant. Earlier
work on PU degradation (Blarney et a!., 1991) showed that an aliphatic PU provided
the best resistance to degradation of its properties and maintained fluid film
lubrication after four month's immersion in Ringer's solution.
2.6.4 Ceramics and G'asses
The inherent chemical stability of ceramics and glasses due to the oxidised state of
their component elements makes them attractive materials for use in the physiological
environment (Kohn and Ducheyne, 1992). Engineering ceramics are extremely hard
and may be polished to produce high tolerance low wear bearing surfaces. Ceramics
and glasses can also display bioactive properties that produce positive tissue
responses. The main disadvantage of monolithic ceramics used for load bearing is
their brittleness. The strength of the ceramic is determined by the size of the largest
flaw. For adequate toughness and strength, grain sizes must be of the order of 1 .tm
and processing of the ceramic must be carefully controlled to limit defects (Kohn and
Ducheyne, 1992). Defects arise from agglomeration of powder before sintering, from
contaminants, from residual stresses generated during sintering and cooling and from
damage due to contact stresses during handling. Engineering ceramics are stiffer than
metals, so the problem of stress distribution at the implant-bone interface is increased.
Representative properties of some ceramic implant materials are presented in Table
2.6.9.
69
Table 2.6.9 Physical and mechanical properties of ceramic implant materials p is density, E is
Young's modulus, UCS is ultimate compressive strength, UTS is ultimate tensile strength, flex is
flexural strength from Kohn and Ducheyne (1992).
Property__________ _________________	 Ceramic ______________ ______________
Bioactive	 Hydroxyapatite	 SiAION (0% Alumina (0%	 Zirconia (0%
glass	 (0.1 - 3%	 porosity)	 porosity)	 porosity,
______________ ceramics	 porosity)	 _____________ _______________ stabilised)
p/Mgnf3	2.8	 3.05to3.15	 3.2to3.9	 3.93to3.95	 4.9to5.56
E/GPa	 -	 7to13	 280to320	 380to400	 lSOto 190
UCS / MPa	 500	 350 to 450	 400 to 1000	 4000 to 5000	 1750
UTS / MPa	 -	 38 to 48	 -	 350	 -
flex/MPa	 lOOto 150 100 to 120	 -	 400 to 560	 150 to 700
Alumina has been used as an implant material for nearly 30 years (Sedel, 1992), most
commonly for modular femoral heads. The low surface roughness and wettability
produce lower clinical wear rates (< 0.1 mm/year) with an UHMWPE counterface
than metal bearings (Willmann, 1997). As discussed in section 2.6.2.5 scratches in
metals have lips that stand proud of the rest of the surface, however, scratches in
ceramic surfaces remain flush. Also the defects in a ceramic surface are all recessed,
while metal surface defects tend to protrude so mean ceramic on UHMWPE wear
rates are lower than metal on UHMWPE. Clinical wear rates of alumina on alumina
are even lower (5 pm/year). Ceramic on ceramic hip wear simulator studies have
produced rates 20 times smaller. This discrepancy is suggested to be due to separation
of the bearing surfaces during the swing phase of gait (Nevelos et a!., 2000). While
brittle fracture of the material is perceived to be its main disadvantage, in a survey of
over 1.5 million ceramic heads only 0.02% had been revised for fracture, while septic
and aseptic loosening together accounted for 11% (Willmarm, 1997). Sedel has been a
great advocate of the use of ceramic on ceramic bearings. He reported a 94.6%
survival rate at 10 years for alumina on alumina hip replacements in patients younger
than 50 (Sedel eta!., 1990).
Zirconia is another engineering ceramic used for orthopaedic applications. Modular
femoral heads made from zirconia are available for use with UHMWPE cups
(Willmann, 1998). Zirconia exists in three different crystal structures - monoclinic at
low temperatures, tetragonal at intermediate and cubic at high temperatures. The
transformation from tetragonal to monoclinic phases is martensitic and volume
increasing and is used to toughen the ceramic. The addition of yttria (Y 203) broadens
the tetragonal phase field allowing sintering in the tetragonal field to produce
tetragonal zirconia polycrystal (TZP). With sufficiently small grain size these
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tetragonal crystals will self-constrain from transformation, becoming meta-stable at
low temperatures. Stress concentrations, such as at a crack tip, will induce the
martensitic transformation and the accompanying volume change will impose a crack
closing stress, toughening the material. Unfortunately catastrophic wear rates in ring-
on-disc tests have been widely reported (Fiith et a!., 1997) for TZP articulating
against itself or against alumina. This is speculated to be due to cracking in the
surface following tetragonal - monoclinic transformation induced by frictional
heating.
Silicon aluminium oxynitride (SiA1ON) is an extremely versatile engineering ceramic
with alloying type behaviour. A range of solid solutions of Al 203 in the basic Si3N4
structure are possible, allowing fme control of the mechanical properties of the
ceramic. These include outstanding hardness and wear resistance. SiA1ON has been
used in a femoral resurfacing type hip replacement canine trial (Clarke et a!., 1979),
articulating on an UHMWPE acetabular component. The wear properties of SiAION
on UHMWPE were similar to those of stainless steel on UHMWPE. While macro-
keying of bone and implant took place, a fibrous layer separated the implant from the
bone. This raised doubts about the biocompatibility of the material. There are no
further reports of the use of this ceramic.
Alumina, zirconia and SiAION may be characterised as bioinert ceramics. Bioactive
ceramics include calcium phosphate ceramics such as hydroxyapatite (HA), the
synthetic analogue of bone mineral, and glasses and glass ceramics such as Bioglass®
and AW glass ceramic. Their main applications in joint replacement are as coatings or
as components of a composite. AW glass ceramic has however been successfully used
as a bone graft material for iliac crest and spinal defects (Yamamuro eta!., 1988).
Hydroxyapatite (HA), Ca10(PO4)6(OH)2, is used as a biomaterial from the expectation
that better tissue bonding will occur to a material similar to the mineral phase of bone.
Bone contains non-stoichiometric forms of HA. Multiple substitutions occur in bone
mineral as discussed in section 2.1.3. Non-stoichiometry may also result from the
processing method used for synthetic HA. HA coatings are made by several different
routes, all of which affect the phase and microstructure of the calcium phosphate
ceramic produced.
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The bioactive properties of HA, Bioglass and AW glass ceramic stem from the ion
exchange reactions that take place at their surfaces in the physiological environment.
This ion exchange leads to the nucleation of carbonate substituted HA crystallites.
These may then be incorporated into an ordered collagen matrix and form mineralised
bone (Kohn and Ducheyne, 1992). This reaction critically depends upon the
composition of the materials. Small variations in composition may produce changes
of an order of magnitude in solubility and therefore in biological response.
Ceramic coatings may be used on the femoral components of joint replacements to
enhance their wear properties. Coatings investigated include diamond like carbon
which is vapour deposited onto the metal substrate (Kohn and Ducheyne, 1992).
Coatings may improve wear rates, but can only be deposited in a limited thickness.
Wear through of the coating may occur rendering it ineffective or even aggravating
wear by delamination and production of third body particles (Harman et a!., 1997).
One risk of carbon coatings on metal is that of increasing the susceptibility to
corrosion of the substrate. Stainless steel coated with carbon demonstrates increased
corrosion at defects or cracks in the coating layer (Pilliar and Weatherly, 1986).
2.6.5 Composites
The use of composite materials in joint replacement fulfils two of the three functional
roles defined above: load bearing and load transmission. The particular advantage of
composites in joint replacement is the ability to tailor the properties of the material to
the application.
Load bearing composites may be produced with similar stiffnesses to bone. Another
possibility is variation of stiffness through the material allowing the use of a design
with an optimised stiffness distribution (Kuiper, 1993). The matrices of composite
biomaterials are typically thermoplastic polymers and the properties of some common
materials are given in Table 2.6.10. Polysulfone is chemically stable and does not
degrade or cross link when exposed to radiation, steam sterilisation and oxidative
environments. The benzene rings within the polymer chain allow dissipation of
energy without loss of structural integrity, giving the material good fracture resistance
(Kohn and Ducheyne, 1992). Polyetheretherketone (PEEK) is likewise chemically
stable, but not as tough and fracture resistant. UHMWPE has far inferior strengths to
these two materials and is included for comparison.
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Table 2.6.10 Properties of composite matrix materials. p is density, y is yield stress, E is Young's
Modulus, % EL is % elongation to fracture, a is flexural strength. From Kohn and Ducheyne
(1992).
Reinforcing fibres investigated for use in biocomposites include carbon-graphite and
polyamide, known as Keviar, (Table 2.6.11).
Table 2.6.11 Properties of composite fibre materials. E 1 is Young's Modulus parallel to fibre axis,
E2 is Young's Modulus perpendicular to fibre direction, UTS is ultimate tensile strength. From
Kohn and Ducheyne (1992).
As mentioned above the main use of bioactive ceramics other than as coatings is in
bioactive composite materials. The bioactive ceramics are not strong enough for
structural use and so are incorporated into a material that is strong, but bioinert.
HAPEXThI is one such composite of HA and HDPE developed for bone replacement
by Bonfield et a!. (1980). HAPEX, with an HA volume fraction of 40%, is in
clinical use in orbital floor implants and middle ear bone replacements, both minor
load-bearing applications (Tanner et al., 1994; Domhoffer, 1998). The material has
demonstrated high bioactivity in vitro supporting the proliferation and differentiation
of human osteoblasts with the HA particles providing favourable sites for cell
attachment (Huang et a!., 1997). Huang et a!. also reported that the mechanical
properties do not deteriorate after up to three months immersion in a simulated
physiological environment. The mechanical properties have been extensively
characterised (Table 2.6.12). Guild and Bonfield (1998) carried out FEA of particle
matrix interactions at high strain to investigate failure mode dependence on HA
volume fraction. PE shear yielding was found to be dominant at low HA volume
fractions and interface debonding dominant at volume fractions above 40%. This
points to the need for altered interface properties to achieve useful strength at the high
volume fractions required to approach cortical bone stiffness. Study of the fatigue
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properties of HAPEX (Ton That et a!., 2000a; Ton That et a!., 2000b) showed that
in uniaxial fatigue stress levels of 25% of the ultimate tensile and shear strengths were
resisted for over 1 million cycles. Biaxial fatigue showed appreciable lowering of
fatigue life at higher stresses, but the combination of 25% tensile and 25% shear
strength was still resisted for over 1 million cycles.
Table 2.6.12 Selected mechanical properties of HAPEX (40% voL HA). (Wang eta!., 1998a;
Wang et a!., 1998b; Ton That et a!., 2000a; Ton That et aL, 2000b)
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3. Hip Resurfacing
The tremendous success of the Charnley low friction arthroplasty focused attention on
the development of the stemmed total hip replacement. The concept of hip
resurfacing, with which Charnley briefly experimented (Charnley, 1961) has never
achieved such widespread acceptance despite its obvious attractions. His rejection of
the idea in favour of a stemmed replacement was due to the necrosis of the bone of the
femoral head under the resurfacing. However subsequent experience with the
acetabular cup of the first low friction arthroplasty showed that
polytetrafluoroethylene (PTFE), of which both his prosthetic cups were made, was a
poor implant material (Chamley, 1963). The evolution of hip arthroplasty from the
Smith-Petersen cup would seem to point naturally in the direction of surface
replacement and the arguments for resurfacing are at first glance compelling.
However, attempts at resurfacings have been sporadic and the implants have not been
widely adopted. This section will catalogue the designs and outcomes of resurfacing
since Charnley and attempt to show why resurfacing has so far failed to achieve a
place alongside conventional THR in the orthopaedic armamentarium.
3.1 Rationale for Resurfacing
The basic concept of resurfacing focuses on the conservation of the bone of the
femoral head and neck. In conventional THR this bone is resected and the medullary
canal broached. A resurfacing aims to remove only the diseased surfaces of the
femoral head and acetabulum and replace them with artificial materials. This is
achieved with the "double cup" design. The femoral component is a cup placed over
the top of the re-shaped femoral head. Its internal surface provides fixation and its
external surface bears upon the internal surface of the acetabular component. The
acetabular component is a cup inserted into the reamed acetabulum, relying upon its
external surface for fixation.
The theoretical advantages of resurfacing hip replacement over conventional
replacement are easy to appreciate:
. A smaller amount of a superior, self-repairing structural material, bone, is
removed.
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The loading of the proximal femur is closer to that in the normal, unrep laced hip
and therefore bone resorption related to stress shielding and concentration should
be reduced.
. At revision a conservative resurfacing replaced hip should retain all of the options
open to the surgeon at a primary hip replacement operation.
As candidates for hip arthroplasty become yet younger and thus must expect more and
more revision operations it is becoming more important to conserve bone at every
operation. This conservation will compensate for bone loss during the loosening
process and help to increase the success of the revision replacement.
A further advantage claimed for resurfacing is shortened operating times. This
reduces the risks of medical complications such as deep vein thrombosis (DVT) and
embolism and a smaller volume of blood will be lost by the patient. The risk of
infection is also reduced and the intact medullary canal is unlikely to be involved.
3.2 Early Design of Resurfacing Arthroplasties 1951 - 1976
The first double cup hip replacement was that of Chamley in 1951 (Charnley, 1961).
Both femoral and acetabular components were made of polytetrafluoroethylene
(PTFE) (Figure 3.2.1). Internally the femoral component was cone shaped and press
fitted onto the reamed femoral head. The acetabular component was also a press fit.
Unfortunately the PTFE wore quickly and the wear debris provoked an inflammatory
response which resorbed bone at the bone-implant interface, loosening the implant.
Figure 3.2.1 The original Charnley PTFE cup arthroplasty from Charnley (1961).
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Charles Townley began a series of hemiarthroplasties in 1952 using a Co-Cr-Mo
(Black and Sholtes, 1982) femoral cup with a long curved intramedullary stem
(Townley, 1982) (Figure 3.2.2). The Total Articular Replacement Arthroplasty
(TARA) developed from this and was designed to correct the perceived failings of the
Smith-Petersen arthroplasty. The "at risk" portion of the proximal femoral head was
excised and replaced, stable and immobile fixation prevented the relative motion of
the implant and the femoral head and a large load bearing interface was provided to
distribute stress evenly to the femoral neck. Internally the cup was a flat-topped
cylinder and the component was much thicker in the polar direction, at 11 mm, than
equatorially. The outer surface made 5/8 of a sphere and the centrally placed stem
bent distally through an angle of 1400. A ceramic version of the femoral component
appeared later (Townley, 1995) but no further clinical or materials data were
published. The femoral component was first used as part of a total arthroplasty in
1960.
The acetabular component and cement were polyurethane, though this material was
not satisfactory and in 1977 PMMA cement was used for fixation and the acetabular
component became high density polyethylene (HDPE). The component's surfaces
were eccentric, providing thicker material superiorly. It had a brim to give stability
and the option of additional screw fixation. Holes through the body of the cup allowed
the surface to be lubricated by blood from the acetabulum in the period before the
formation of a pseudocapsule.
Townley used reamers and other instrumentation of sizes specific to each of the 8
sizes of implant. However, the femoral head was not reamed, but the trial femoral
implant was used as an osteotome to shape the head into a cylinder. Trial acetabular
components were also used and a reduction attempted with both trials in place. In the
event of excessive soft tissue tension, bone was removed from the top of the resected
femur in preference to deeper reaming of the acetabulum. The acetabular component
was to be positioned at 45° to the vertical and its brim was to fit flush with the
acetabular margin. Portions of the acetabular component exposed by gaps in the
acetabular rim were trimmed to prevent impingement.
Townley noted a gender difference in the ratio of diameters of the femoral head to the
neck and the thickness of the acetabular wall. Males have small head-to-neck ratios
and thick acetabular walls and females have large head-to-neck ratios and thin
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acetabular walls. Thus more femoral bone can be removed in females and more
acetabular bone in males. In total resurfacing he suggested that the femoral
component diameter must always be smaller than the diameter of the head it was
replacing to prevent excessive acetabular reaming.
rr 
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Figure 3.2.2 TAR.A hip prosthesis from Townley (1982).
MUller in 1968 implanted a double cup prosthesis in a short series of patients
(Freeman, 1978a). Both components were made of a Co-Cr alloy and were not
cemented. The revision rate was unacceptably high and the procedure was abandoned.
However, Muller demonstrated that conversion to arthrodesis was possible at revision
of double cup arthroplasty. Some of these arthroplasties were still functioning in
1978, although no further reports of the implant have been made.
The next attempt at a double cup arthroplasty design was made in 1970 by Gerard
(Gerard, 1978). The acetabular component was free to slide and rotate between the
reamed acetabulum and the femoral component and so acted as an interposition
arthroplasty (Figure 3.2.3). It was concentric and over hemispherical and initially
made from Co-Cr, but was then changed to UHMWPE to decrease the coefficient of
friction. The UHMWPE articulating directly on bone produced large amounts of wear
debris and subsequent resorption of bone, so the final design had a Co-Cr shell lined
with 4.5 mm thick UHMWPE. The femoral component, which was press fitted onto
the reamed femoral head, had an outer surface that comprised 2/3 of a sphere. Around
the neck opening it had a non-load bearing skirt. The internal shape was cylindrical,
capped with a hemisphere concentric to the surface. Gerard reamed the femoral head
along the neck axis. He emphasised the importance of conserving the blood supply to





Figure 3.2.3 Gerard resurfacing prosthesis from Gerard (1978).
The first cemented double cup arthroplasties (Freeman, 1978a) were implanted
independently by Trentani in Bologna and Furuya in Tokyo in 1971. The Paltrinieri-
Trentani surface replacement (Figure 3.2.4) was intended as an additional alternative
procedure for younger patients (Trentani and Vaccarino, 1982). The femoral
component of 1 mm thick polished stainless steel was 2/3 spherical and had a 4 mm
long load bearing skirt. This was to reduce the risk of femoral neck fracture by
providing a "stress shield" for the femoral head-neck junction. It also stiffened the
thin component against flaring at the rim and enhanced the normal stressing of the
medial calcar. Coarse concentric grooves on the inside of the component enhanced
cement fixation. The UHMWPE acetabular component was concentric and had 5 mm
thick walls. It had 3 mm deep circumferential grooves for cement fixation, one of
which contained a radiographic marker wire. The head was reduced to a chamfered
cylinder of the same diameter as the femoral neck, with its axis parallel to the medial
trabecular system. Trentani advocated the use of a saw rather than a cylindrical
reamer to avoid damage to the cortex of the neck.
Figure 3.2.4 Paltrinien - Trentani resurfacing from Trentani and Vaccarino (1982).
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The resurfacing designed by Furuya et a!. (1978) went through a succession of
changes. When first implanted in 1971, the femoral component was a press fit
hemisphere of HDPE, articulating against a hemispherical stainless steel acetabular
component, fixed by cement. The third design reversed the femoral and acetabular
component materials and the final implant appears to be a ceramic-on-ceramic






Figure 3.2.5 Furuya resurfacing from Furuya et aL (1978).
Another design which began by using HDPE on the femoral side and stainless steel
for the acetabular component was the Imperial College London Hospital prosthesis
(ICLH), first implanted in 1972 (Freeman et a!., 1975). A high loosening rate
prompted a change in design and in 1974 the acetabular component was changed to
HDPE and less than hemispherical, subtending an arc of 168°. The inner and outer
surfaces were axially coincident and the outer surface was grooved for cement
fixation. The Co-Cr femoral component was more than hemispherical and internally
was a chamfered cylinder. Like the TARA prosthesis, it was much thinner
equatorially than at the pole, having a polar thickness of 10.5 mm, but was designed
for cemented fixation (Freeman et a!., 1978) (Figure 3.2.6). The preparation of the
femoral head was carried out with a Tuke saw, not a reamer, to avoid damage to the
neck cortex. Freeman emphasised the alignment of the axis of the prepared cylinder
with the medial trabecular system and not with the femoral neck (Freeman, 1978b).
However the medial edge of the prepared head was to be flush with the medial cortex
of the neck. A large diameter femoral head was used at the expense of acetabular
reaming. There were only three different sizes of prosthesis, but "phantom" prostheses
were used for a trial reduction to enable correct positioning. The trochanteric
osteotomy which was used for the first design of prosthesis was discontinued in 1974.




Figure 3.2.6 ICLH resurfacing from Freeman et a!. (1978).
Nishio (1978) and colleagues began a series of surface replacements in Japan in 1972
to address concerns about the long term efficacy of THR in patients under 60 years
old. The prosthesis was specifically designed with an 800 range of motion. The report
unfortunately fails to mention the metal used for the femoral and acetabular
components, although it notes that at first the articulation was metal-on-metal, but
later the acetabular component was lined with PE (Figure 3.2.7). Both components
were uncemented, although 3 bone screws were used for additional fixation of the
acetabular component. The femoral component was cylindrical with a hemispherical
cap of uniform thickness. A trochanteric osteotomy was used to provide sufficient
exposure of the joint.
•fTh 0
Figure 3.2.7 Nishio resurfacing from Nishio (1978).
The Indiana Conservative Hip (ICH) (Figure 3.2.8), developed by Eicher and Capello
(Capello et al., 1978), was first implanted in 1973. The design was a response to the
loosening and fracture of femoral components in THR and the expansion of the
indications for THR to include younger patients. Between 1975 and 1980 the
prosthesis evolved on both femoral and acetabular sides (Capello et a!., 1 982a). The
Co-Cr femoral component, over-hemispherical and with slightly eccentric surfaces,
was reduced in thickness from 3 - 4 mm to 1.5 mm. In its final form the interior was
porous coated to enhance cement fixation and a central stud was provided for
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positioning. On the acetabular side a grooved Ti backing was added to the HDPE cup
to distribute the loads more evenly and to minimise cement deformation. The inner
and outer surfaces became concentric allowing a reduction in overall thickness of the
implant, to 5 - 6 mm thick. The acetabular component was reduced from 1 mm over
hemispheric to 3 mm under a hemisphere and a section removed medially to reduce
the risk of impingement and to allow for clearance of the psoas tendon.
X-ray templates for the components were used to determine the size of implant
required. However, the authors found that the anterior-posterior dimension of the
acetabulum was the constraining factor and not the supero-lateral infero-medial
dimension which is visible on a standard frontal (AP) plane X-ray. The surgical
approach used changed from trans-trochanteric to posterior. Simple aligning guides
were used and acetabular and femoral reamers specific to the six component sizes
were produced. The subchondral bone in the superior aspect of the acetabulum was
considered to be of structural importance and therefore reamed as little as possible.
Multiple drill holes were made for cement fixation and PMMA spacers used to ensure
uniform thickness of cement and to prevent "bottoming-out". Trial components for
both sides were used to check correct positioning in a trial reduction. The femoral
component was placed in 50 of valgus relative to the neck and the acetabular
component set at 450 to the vertical, with the anteversion as near anatomic as possible.
Protection of the femoral head blood supply to prevent avascularity was considered of
vital importance.
4!
Figure 3.2.8 ICH resurfacing from Capello et aL (1982a).
Another Japanese double cup arthroplasty, first implanted in 1974, was designed by
Seisuke Tanaka (1978), who wished to reduce the amount of bone cement used in
order to decrease the number of complications involving hypotension, hypoxemia,
alveolar bleeding and cardiac arrest. He was also concerned about fracture of the
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femur and femoral component, loosening of the intramedullary stem, high rates of
infection and the difficulty of removal and revision of THR. The over hemispherical
femoral component was press-fit and made of stainless steel of 3 mm uniform
thickness (Figure 3.2.9). It came in three sizes, with articulating surface diameters of
38 —44 mm. On the acetabular side, the HDPE component surfaces, which were both
hemispherical, were eccentric with a greater thickness of material in the supero-lateral
weight bearing portion. The acetabular component had grooves for cement fixation
and was available in four sizes. The surgical procedure was similar to that described
by Aufranc (1962) and Harris (1967) for cup arthroplasty.
/	 :
•1
Figure 3.2.9 Tanaka resurfacing from Tanaka (1978).
The problem of revision of stemmed THR also concerned Heinz Wagner (Wagner,
1978). However he considered that the main difficulty with stemmed prostheses was
stress shielding of the proximal femur which, through bone resorption, would lead
inevitably to their failure. His resurfacing arthroplasty design (Figure 3.2.10) aimed to
encase as little bone as possible to avoid avascular necrosis and to make the
components as thin as possible for minimal bone removal. The femoral component
was designed to be stiff and to load the femur in a physiological manner, with load
transference by direct and not shear stresses at the implant bone interface. It was
slightlyover-hemispherical,concentric and made from 3 mm thick Co-Cr-Mo alloy or
alumina ceramic, with a polar hole for the expulsion of air, blood and excess cement
during fixation. The concentric hemispherical acetabular component was made from
4 mm thick UIHMWPE, making it compliant so that it would follow the deformations
of the acetabulum during weight bearing. Radial and circumferential grooves were
provided for cement fixation and a clearance gap of 0.1 mm between the articulating
surfaces allowed ingress ofjoint fluid. The prosthesis was available in three sizes with




Wagner used an anterior approach and underlined the need for preservation of the
retinacular vessels, particularly on the posterior surface of the femoral neck. The
acetabulum was reamed to accept as large an implant as possible while preserving
subchondral bone superiorly to prevent excessive reaming of the femoral head. The
component was positioned at 45° to the vertical with 25° of anterversion. The
acetabular component was cemented in place before reaming of the femoral head
began, but trial femoral implants were used to check positioning.
Figure 3.2.10 Wagner resurfacing from Aesculap sales brochure (1980).
The THARIES (Total Hip Articular Replacement by Internal Eccentric Shells) hip
resurfacing arthroplasty, developed in UCLA by Harlan Amstutz et a!., was first
implanted in 1975 (Amstutz et a!., 1978). Both femoral and acetabular components
were eponymously eccentric, providing the thickest material (femoral 2.5 mm,
acetabular 4 mm) on the supero-lateral aspect of the articulation (Figure 3.2.11). The
UHMWPE acetabular component was 3 mm under a hemisphere and after 1981 had a
Co-Cr backing, itself plasma-spray coated with Co-Cr beads. A trimmable rim was
added to provide cement pressurisation and pre-polymerised PMMA spacers used on
both acetabular and femoral sides to obtain uniform cement thickness. The design
evolved further and a chamfered cylinder design fixed by bone mgrowth was later
adopted (Amstutz et a!., 1988). The femoral component was over hemispheric and the
eccentricity also provided more load bearing surface on the superior wall (used in
abduction). The interior of the cast Co-Cr-Mo alloy cup was a chamfered cylinder,
with broad cement fixation grooves in the top surface and around the periphery. There
were six diameters of articulating surface ranging from 36 to 54 mm and several
combinations of femoral and acetabular sizes available for each one.
The principle of the THARIES design was to resect nonviable bone while removing
as little femoral head and neck as was consistent with fixation (Amstutz et a!., 1986),
thus saving bone stock for anticipated revision or conversion to conventional hip
arthroplasty. In some early cases the preservation of the femoral bone stock was at the
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Figure 3.2.12 Salzer alumina on alumina resurfacing from Saizer et aL (1978).
Even by the mid 1970's it was obvious that the clinical outcomes of resurfacing were
not fulfilling their designers' high expectations. Fewer and fewer were implanted and
no new designs appeared until the 1990's. Improvements in metals machining
technology and new surface treatments as well as technical advances in the operating
theatre have brought about a resurgence of interest in the concept.
3.3 Modern Design of Resurfacing Arthroplasties 1990 - 2000
Although the Beuchel-Pappas resurfacing implant has been used in several centres
since 1991, there have been no reports in the literature of its design and few of its
implantation. The prosthesis is part of a system of hip replacements comprising
conventional stemmed THR, bipolar implants as well as resurfacing replacements.
The resurfacing has a TiN coated Ti alloy femoral component with a porous coating
internally and a short central stem Figure 3.3.1. The PVD TiN coating is said to
reduce UHMWPE wear and eliminate metallic wear debris (Endotec data sheet,
1990). The femoral component is 1 mm thick, has an internal porous coat and is a
press fit. The acetabular component has a 1 mm thick Ti alloy backing with porous
coating and a 3 mm thick UHMWPE lining. The contour of the edge mimics that of
the normal acetabular rim, with a medial cut out and "anatomical" flares. The backing
has holes for screw fixation. The acetabular component is positioned at 30° to the
vertical and with variable anteversion. Trial components are used for component fit,
but not for trial reductions. The prosthesis is available in 11 sizes with articulating




Figure 3.3.1 Beuchel-Pappas resurfacing from Endotec sales brochure (1990).
Interest in metal-on-metal resurfacing was renewed in 1991 with the implantation of
two designs - those of Wagner and Wagner (1996) and McMinn et al. (1996). The
new Wagner prosthesis sought to reduce the amount of wear debris produced by
replacing the UHIvIVTPE articulating surface with metal. The resurfacing has a bilayer
design, using rough blasted Ti for osseointegration on the fixation surfaces and forged
Co-Cr-Mo for the articulating surfaces (Figure 3.3.2). There are sharp radial and
annular fms on the acetabular component to resist rotation and tilting with a central
peg for positioning. Initial stability is provided by a snap fastener mechanism and may
be supplemented with two peripheral pins. The internal and external surfaces are
apparently concentric, but the articulating surface is considerably less than a
hemisphere. The femoral component has an articulating surface only slightly over
hemispherical and fixation surface appears to be hemispherical. A threaded screw-on
design was abandoned after difficulties with insertion. The implant has four sizes of
articulating surface ranging from 38 to 50 mm in diameter.
Figure 3.3.2 Wagner metal-on-metal resurfacing from Wagner and Wagner (1996).
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The McMinn prosthesis underwent several changes in fixation from its first
implantation in 1991 up to the finalised hybrid design of 1994. Thin components, low
wear debris production and the use of materials with a proven clinical history were
considered to be essential to the design. Surgical technique and instrumentation were
developed alongside the design to prevent femoral neck notching and varus placement
of the femoral component. The Co-Cr alloy and its casting and treatment were as
similar as possible to the alloy used in the Ring prosthesis, which has a 60% survival
rate at 21 years (Bryant eta!., 1991).
The first design was press fit on both acetabular and femoral sides, with supero-lateral
fins on the acetabular component for axial and rotational stability (Figure 3.3.3). This
design was modified with an hydroxyapatite (HA) coating on both sides, but then the
fixation method was changed to cement and the fms and peg on the acetabular
component fixation surface were removed. The final design uses cement on the
femoral side and HA coating on the acetabular side and peripheral splines for
rotational stability. The femoral component articulating surface is 2/3 of a sphere and
the fixation surface is a flat-topped, chamfered cylinder. A short, central stem ensures
correct alignment and bridges the head/neck junction. Unusually the acetabular
component has an ellipsoid fixation surface, being of a slightly larger radius at its
geometrical equator than at its pole. This gives a tight peripheral jam fit in the
hemispherically reamed acetabulum and the central peg locates in a drill hole. The
articulating surface subtends 160°, allowing a good range of motion before
impingement.
There are now two resurfacings which share the McMinn pedigree. The main
difference is that the Birmingham Hip Resurfacing (BHR) uses cast Co-Cr identical to
that in the Ring prosthesis while the Cormet 2000 uses cast Co-Cr which has been
heat treated. The femoral components remain identical in shape, but the acetabular
components differ substantially. The Cormet 2000 retains the ellipsoidal fixation
surface and central peg of the McMinn, but the BF{R has abandoned the peg and
returned the outer shape of the component to hemispherical. The BHR also uses a





Figure 3.3.3 McMinn metal-on-metal resurfacing showing early finned design (A) and current
hybrid design (B) from McMinn (1996).
Amstutz et a!. (1998a) began trials of a metal-on-metal resurfacing device in 1996,
following a short pilot series with McMinn and new Wagner devices. The new
Amstutz resurfacing, "Conserve plus" (Figure 3.3.4), has bone ingrowth fixation on
the acetabular side and is designed for an initial interference fit. The cemented
femoral component is identical to the 1'HARIES chamfered cylinder design except for
a short central stem and improved sphericity and surface finish. The resurfacing is
designed to minimise wear and optimise fixation. Amstutz hypothesises that the
metallic wear debris produced by a metal-on-metal articulation is better tolerated by
pen-prosthetic tissues than PE debris. The designers prefer a posterior approach, but it
is suggested that the best exposure is the one the surgeon knows best. A trochanteric
osteotomy is suggested only for use in heavy patients or those with severely
contracted hips.
.1
Figure 3.3.4 Conserve Plus metal-on-metal resurfacing from Amstutz es aL (1998b).
The details of shape, materials, fixation and thickness of the designs reported in this
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3.4 Outcomes of Resurfacing
Comparing the outcomes of different implants is difficult even with good data and
well-defined outcome criteria. Long term follow-ups of large groups of patients are
required to provide reliable comparisons between prostheses: according to Malchau et
a!. (1993) 19,180 patients in a five year study would be needed for an 80% power
comparison between the Charnley and the C.A.D. prostheses. Although the outcomes
of resurfacings differ more than the outcomes of those two implants studies with
similar orders of magnitude of patient numbers and follow-up times would be
required to achieve the same power. A further issue in assessing resurfacing outcomes
is the quality of the data reported.
In order for a report to be comparable with the rest of the literature it must include
certain basic information. The group of hips followed must be well defmed and any
exclusions justified. The age, aetiology and sex distributions in the followed groups
should be reported. Accurate matching of patient groups is required to reduce the
possibility of differences in populations obscuring the effects of different implant
designs. The details of the implant design should also be clear: what materials and
what forms of fixation are used. The operating technique and level of experience of
the implanting surgeons have a strong effect on outcome thus should also be reported.
The best measure for comparison is survivorship. This is a statistical analysis that
predicts the probability of a prosthesis being in place at any given time after
implantation. Many of the resurfacing designs listed above have been reported once
only and data have often been presented either in misleading or incomplete forms.
Without the full original data set it is impossible to carry out survivorship analysis.
Therefore this study utilises reported rates of revision (calculated from numbers of
revisions at mean follow-up times) and reported modes of failure as parameters for
comparison.
Inaccuracy in this study may arise from many causes. The rate of revision may be
expected to increase with time after implantation. The parameter used here for
comparison, the revision rate at one mean time after operation, is therefore not strictly
characteristic of an implant. Patient demographics and indications vary and the effect
of this relative to that of implant design is unknown. Designs and indications may be
changed in mid-series. Other errors arise from the overlap of patient groups between
93
consecutive reports and from incomplete recording of data (including losses to follow-
up and deaths). Some patient groups have been reported twice or three times at the
same mean follow-up. Obvious repetitions have been eliminated. Some resurfacing
revisions have been recorded without modes of failure; these lead to further loss of
reliability in comparison. The remainder of this section will present graphs of the
failure modes and rates of revision and a brief analysis of follow-up reports. Some
resurfacings have been omitted from detailed numerical comparison because of
insufficient data.












Figure 3.4.1 Failure rates (% revised per mouth) for selected resurfacings. Mean follow-up times
(months) for each resurfacing in brackets.
Figure 3.4.1 compares the revision rates of different designs of resurfacing. Comment
will be made on the relative performances in the more detailed discussions below.
However it is worth noting that a 95% survival rate at 10 years is equivalent to a mean










All Resurfacings fallure modes (no. hips 4552, no. revisions 910)
acetab	 fern only	 both loose	 neck fractures 	 AVN alone	 other	 no info
Figure 3.4.2 Failure modes for selected resurfacing designs: acetab is acetabular loosening only;
fern only is femoral loosening only; both loose is both acetabular and femoral loosening; neck
fracture includes that complicated by necrosis; AVN alone is avascular necrosis with no other
complication and other is other failures including sepsis and component fracture.
Figure 3.4.2 shows the modes of failure of all resurfacings included in the analysis
below. The distinction between necrosis occurring as a result of neck fracture and
fracture caused by necrosis is difficult to make, so these groups were combined. The
size of the group of hips for which no mode of failure information was recorded (no
info) reduces the validity of the following discussion which can only consider
reported failures.
It is interesting that avascular necrosis and neck fractures together are less important
than other modes of failure. Following Charnley (1961), one of the main arguments
against resurfacing has been that enclosing the femoral head will provoke necrosis. In
intact hips the femoral head is prone to necrosis as a result of its largely distal blood
supply. The predominant recorded cause for revision is acetabular loosening.
Unfortunately the uncertainty produced by unreported reasons for revision is too large
to make a more general statement.
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acetab	 fern only	 both oose	 neck fractures	 AVN alone	 oth	 no info
Figure 3.4.3 Failure modes for the TARA resurfacing. Data from Townley, 1982; Head, 1984;
Mallory et aL, 1984; de Waal Malefijt and Huiskes, 1993; Mesko et aL, 1994.
The mean age of patients implanted with the TARA prosthesis was 55 years and the
revision rate at the mean follow-up time of 48 months was 0.17 % per month. Risk
factors reported for early loosening were male gender, lower age and poor placement
of the acetabular component resulting in neck impingement. Figure 3.4.3 shows
acetabular loosening was the major problem. Delays in bringing patients in for
revision operations led to osteolytic enlargement of the acetabulum. These problems
may be linked with the thinness of the acetabular component. The instruction in the
original report to drill holes through the component so that blood would lubricate the
articulating surface seems to have been wisely ignored. The long curved stem seems
to have reduced the rate of neck fractures compared with other resurfacings.
There were insufficient data on the Gerard double cup (Gerard, 1978; van Raay et al.,
1993) to make any revision rate comparisons. The first version of this implant
demonstrated the folly of an HDPE-bone articulation which lead to rapid wear. Varus
placement of the femoral component was considered to produce rapid resorption of
the femoral head. Some implants were revised for acetabular protrusion. Defective
attachment of the FIDPE liner to the acetabular cup was blamed for the initial high
rate of failure. Longer term follow-up (van Raay et a!., 1993) linked the design with
high wear rates and impingement leading to massive femoral head bone resorption
and necrosis.
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acetab	 fern only	 both loose	 necic fractures	 AVN alone	 other	 no info
Figure 3.4.4 Failure modes for the Paltriniert - Trentani resurfacing. Data from Trentani and
Vaccarino, 1978; Trentani and Vaccarino, 1981a; Trentani and Vaccarino, 1981b; Trentani and
Vaccarino, 1982.
Although the Paltrinieri-Trentani resurfacing is shown to have a high revision rate
(0.35 % per month) in Figure 3.4.1 this is offset in comparison with other resurfacings
by the long mean follow-up time of 72 months. However the mean age of patients is
56, which is comparatively high. The high rate of femoral loosening shown by Figure
3.4.4 should not be attributed to necrosis. Revised heads were demonstrated to be
viable by pre-operative injection of tetracycline and examination under UV light
(Trentani and Vaccarino, 1978). An initial varus tilt was thought to be a risk factor for
early loosening. Loosening of the femoral component was associated with an
increasing tilt to varus and progressive damage to the bone of the head and neck. This
was resorbed and replaced with fibrous tissue. The assertion that the skirt of the
femoral component provided beneficial "stress shielding of the head neck junction"
appears to be contradicted by the high rate of femoral and neck fracture failures.
The size of the patient group implanted with Furuya resurfacings (13 hips) is too
small for any firm conclusions. However it is significant that 6 of the 7 failures were
due to acetabular loosening. This may be connected with the author's emphasis on
reaming the acetabulum "as deeply as possible" to prevent loosening (Furuya et a!.,
1978)
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Figure 3.4.5 Failure modes for the ICLH resurfacing. Data from Freeman et aL, 1975; Freeman
and Brown, 1978; Freeman et aL, 1978; Freeman and Bradley 1981; Freeman and Bradley 1982;
Jolley et aL, 1982; Murray and Meter, 1982; Bradley and Freeman, 1983; Freeman and Bradley,
1983; Herberts et aL, 1983; Reigstad 1986; Bradley et aL, 1987; Cotella et aL, 1990.
Early results of the first ICLH implants demonstrated the inadvisability of using a soft
material as the convex component of the bearing pair. The surprisingly high rate of
neck fractures shown in Figure 3.4.5 may be due in part to the use of trochanteric
osteotomy. However this technique was discontinued early in the experience with the
implant (Freeman et al., 1978). Other authors (Jolley et a!., 1982) suggest that the
femoral component was difficult to position correctly in the recommended valgus
angle and scoring of the femoral neck frequently occurred. The question of necrosis
has been studied (Bradley et a!., 1987; Cotella et aL, 1990), but histological
examination failed to prove that wide scale bone death in the femoral head occurred
as a primaiy event following resurfacing. Impingement caused loosening of the
acetabular cup where it protruded superiorly beyond the bony rim of the acetabulum.
As a result of this observation the acetabular component was reduced from
hemispherical.
Thin HDPE and thin acetabular cement produced stress concentrations and
consequently more wear debris. ICLH revision material was included in the study by
Kobayashi et aL (199Th) of wear particulate levels in tissue around loosened implants.
No differences in particle size or morphology were seen between ICLH and Charnley
debris (Yamac, 1999). While particle number densities were similar, the ICLH hips
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had come to revision earlier. The mean follow-up of 42 months and mean age of 56
years and the high revision rate (0.41 % per month) suggest that the ICLH implant did
not perform well in comparison with other resurfacings.
The Nishio resurfacing (Nishio et al., 1978) frequently changed design. 67 hips were
reported with a mean follow-up of 36 months. Three hips had been revised, two for
acetabular loosening and one for varus tilting of the femoral component.
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Figure 3.4.6 Failure modes for the ICH resurfacing. Data from Capello et aL, 1978; Capello and
Trancik, 1981; Bogoch et aL, 1982; Capello el aL, 1982a; Capello et aL, 1982b; Murray and
Meter, 1982; Capello et aL, 1984; Ritter and Gioe, 1986.
The ICH resurfacing shows the highest revision rate (0.51 % per month) for the
shortest mean follow-up times (39 months). The mean age of ICH patients was 52 and
neck fractures were the prevalent mode of failure (Figure 3.4.6). Initial reports
(Capello et al., 1978) suggested that this was due to stress concentrations caused by
operative scoring and the shape of the component at the implant - femoral neck
junction. An abductor limp was suspected to aggravate these stress concentrations.
Many of these neck fractures were accompanied by necrosis of the femoral head. The
lack of signs of a biological inflammatory response in the tissue of three heads was
held to show necrosis as a primary event after resurfacing (Bogoch et a!., 1982).
Metal backing of the acetabular socket was introduced (Capello and Trancik, 1981),
but acetabular loosening remained the chief concern (Capello et al., 1984). The
complete coverage of the acetabular component and medially rather than superiorly
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directed reaming to preserve subchondral bone were advocated to reduce acetabular
loosening. Large head-to-neck ratios were associated with faster loosening. This was
presumably related to the correspondingly greater amount of reaming for large
acetabular components. The risk of impingement is lowered with increasing head-
neck ratio. The last report (Ritter and Gioe, 1986) recorded that the ease of femoral
revision was outweighed by the difficulty of revising an enlarged acetabulum with
poor bone quality.
Tanaka (1978) reported only 37 hips, none of which had been revised at a mean
follow-up of 2 years. He did not cement the femoral side believing that the heat of
polymerisation was a major cause of necrosis. Deep reaming of the acetabulum to
accommodate the large components was advocated.
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Figure 3.4.7 Failure modes for the Wagner resurfacing. Data from Wagner, 1978; Head, 1981a;
Head, 1981b; Wagner, 1981; Boettcher et aL, 1982; Capello 1982b; Grujic et aL, 1982; Head,
1982; Bell et aL, 1985; Strens, 1986; Abrahamssoa et aL, 1987; Arajärvi and Santavirta, 1987;
Ahufelt et aL, 1990; Howie et aL, 1990a; Howie et aL, 1990b; Wiadrowski et aL, 1991; Howie et aL,
1992; Franzén et aL, 1993; Howie et aL, 1993.
The high failure rate (0.43 % per month) and mean follow-up time of 52 months make
the Wagner implant less successful than the average resurfacing. However the mean
age of the patients was 47, which may account for this poorer performance. The
reason for the very high number of unrecorded modes of failure is the inclusion of
data from the Swedish hip register (Ahnfelt et al., 1990).
100
The high levels of femoral failure (Figure 3.4.7) sparked a debate over AVN.
Trochanteric osteotomy and the spherical internal shape of the femoral component
were implicated as risk factors in a comparison study with TARA (Head, 1981).
However AVN as a primary event was concluded not to be a likely outcome of
resurfacing (Howie et a!., 1993). Necrosis did occur at the bone-cement interface,
caused by abrasion and local circulation interference, but this was not to be confused
with extensive AVN. However a recent communication (Furlong, 1998) compared
Wagner resurfacing with traumatic dislocation of the hip which is prone to necrosis
even following successful reduction.
The valgus placement advocated by Wagner was suspected of causing neck fracture
due to the notching of the superior lateral neck cortex (Boettcher et aL, 1982).
However two researchers found no difference between varus and valgus angle in
susceptibility to loosening (Grujic et a!., 1982; Abrahamsson et aL, 1987). Boettcher
also reported the severe weakening of the acetabulum by over-reaming and the
difficulty of acetabular revision caused by loss of bone stock. High acetabular failure
rates have been linked with the thinness of the HDPE component which increased
peak stresses in the component itself and in the cement-bone interface (Bell et a!.,
1985). This lead to PMMA fracture and large quantities of wear debris. The metal
backing of the acetabular component was shown to improve the survival of the
Wagner implant (Franzén et a!., 1993). The role of impingement between the femoral
neck and the periphery of the acetabular component has been assessed (Wiadrowski et
a!., 1991). Impingement can cause failure through shear stresses at the bone-implant
interface and also by massive PE wear. 92 out of 109 revised Wagner implants
showed evidence of impingement, with similar wear patterns in well-fixed and loose
components suggesting impingement was a cause rather than an effect of loosening.
PE wear debris was found more than 20 mm from well fixed Wagner femoral
component interfaces (Howie et a!., 1990b) and bone resorption was seen to occur
before macroscopic loosening.
Follow-up analysis and two dimensional finite element models of the resurfaced
femur were combined by Strens (1986). He suggested that the thin flexible acetabular
component and thin bone cement set up tensile stresses at the cement-bone interface,
leading to micro-motion and loosening. The stress distibution in the proximal
resurfaced femur was not physiological, with concentrations at the rim and shielding
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of the centre. He introduced the concept of secondary stability to describe the
progression of micromotion after initial interface loosening. Poor secondary stability
was in his view integral to the resurfacing concept. This sensitivity to interface
loosening rather than a higher initial incidence of loosening was held to account for
the poor performance of resurfacing in comparison with conventional fl-IR (Huiskes
et a!., 1990). The varus tilting mechanism of femoral loosening was also modelled,
showing the likely failure of the cement-bone interface in tension or shear. Once the
cement-bone interface fails bone loss can proceed rapidly through micro-motion and
fluid pumping.
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Figure 3.4.8 Failure modes for the TILARIES resurfacing. Data from Amstutz et aL, 1978;
Amstutz a aL, 1981a; Amstutz et aL, 1981b; Bassett et aL, 1982; Boettcher et aL, 1982; Jolley a
aL, 1982; Murray and Meter, 1982; Amstutz, 1983; Ma et aL, 1983; Amstutz et aL, 1984; Amstutz
et aL, 1986; Kim et tzL, 1987; Mai et aL, 1996.
The combination of a mean age of 50 years, a mean follow-up 75 months and a
relatively low revision rate (0.26 % per month) make THARIES one of the most
successful early resurfacings. The main cause of revisions has been acetabular
loosening (Figure 3.4.8). The number of hips with no record of their mode of failure is
small.
The early THARIES aim of minimal femoral reaming (Amstutz et a!., 1978) was soon
altered to conserve acetabular bone. The first failures were due to incomplete
coverage of the acetabular component and its impingement on the femoral neck. Poor
femoral positioning and poor cementation technique (Amstutz eta!., 1981a) were also
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blamed. Loosening of the femoral component was accompanied by tilting to varus.
Despite carefully designed instruments to aid the positioning of the femoral
component, scoring of the neck and femoral positioning were reported (Jolley et al.,
1982). The reaming of the acetabulum was also felt to be excessive, although the most
common failure in this particular series was femoral loosening.
Concern about the frictional torque of the large diameter resurfacing bearing lead to
two investigations. The first (Ma et a!., 1983) measured frictional torque on implants
with constant loading in bovine serum. This group found that the frictional torque
increased with increasing size of head. Other factors such as local deformation and
stiffness affected the friction which produced a maximum torque of 3.2 Nm. This
value is not large enough for static failure, but may cause fatigue failure of fixation.
The second study (Mai et a!., 1996) compared the survivorship of large, medium and
small implants. Large implants lasted significantly longer than small and medium
sized ones. The loosening mechanism was proposed to have a constant rate per area of
fixation surface. Large implants, having larger fixation surfaces, took longer to
loosen.
The change to metal backed UHMWPE acetabular components did produce an
improvement in the survivorship of the 1'HARIES implant (Kim et al., 1987). With
improved acetabular survival, later femoral loosening became more frequent (Mai et
a!., 1996).
Salzer (1978) reported 16 ceramic-on-ceramic implantations at a follow-up range of 8
to 28 months. Four of these hips had loosened by 7 months, two of these because of
malpositioned femoral components. The thickness required to make a strong enough
ceramic implant and its high stiffness relative to bone were suggested to be
contributing factors.
While no reports have been made of the definitive Beuchel Pappas resurfacing, there
has been a report of a resurfacing of similar design using Co-Cr instead of Ti. It was
fixed by bone ingrowth into a porous Co-Cr coat and bone screws (Beuchel et a!.,
1994). Large osteolytic regions were observed in the pelvis at short (24-60 months)
follow-up times. These were particularly concentrated around the fixation screws. The
screws and screw holes may have provided wear debris with easy access to the







modification made to the fmal resurfacing was to change the material to titanium and
to coat the femoral component with titanium nitride for lower wear.
The metal-on-metal resurfacing designed by Wagner was reported at a mean follow-
up of 20 months (Wagner and Wagner, 1996). Of 35 hips implanted, five had been
revised. Three of these were femoral loosenings due to the screw on thread design
which was discontinued and there was one acetabular loosening and one femoral neck
fracture. Independently Schamlzried et a!. (1996) reported 4 Wagner metal-on-metal
hips with no revisions at a mean follow-up time of 16 months.
McMinn failure modes (no. hips = 1221, no. revisions 24)
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Figure 3.4.9 Failure modes for the McMinn and Birmingham Hip Resurfacing. Data from
McMinn et a4 1996; Schamlzried et aL, 1996; McMinn et aL, 2000.
The McMinn resurfacing has a rate of revision of 0.049% per month at a mean
follow-up time of 60 months. The data from McMinn et al., 1996 and Schmalzried et
a!., 1996 include 136 hips from the trial period when the fixation system for the
implant was being developed. The mean age of these patients was 47 years. The 70
pilot press-fit implants performed badly with six revisions for aseptic loosening by 50
months. Three of the 43 all cemented implants were revised for acetabular loosening
following cement mantle fracture at 33 months. There were no revisions reported for
the all HA coated implants.
Both the McMinn and BHR hybrid implants were reported in McMinn et al., 2000.
The mean age of patients was 53. The first 294 hips in the series were implanted with
the McMinn resurfacing. There were five revisions: two for infection, two for
104
acetabular loosening and one for femoral head collapse in a patient with pre-existing
AVN. The remainding 791 patients in the series were implanted with the BHR. There
were also five revisions in this group, four for femoral neck fractures and one for
femoral head collapse in a patient with pre-existing AVN. The cumulative survival of
the McMinn and BHR hybrid implants at 5-6 years was 98%. Mean migration,
measured on standard clinical X-rays, was 0.015 mm/year for the acetabular
component and 0.031 mm/year for the femoral component. However this implies total
migration at 6 years of at most 0.19 mm, which is at the limits of stereoscopic X-ray
(RSA) accuracy (Yuan, 1999) and far beyond that possible with conventional X-rays.
This result is therefore meaningless. A more useful figure would be the mean
migration of all those components that showed measurable migration. Unfortunately
the commercial aspects of the promotion of the BHR indicate that until clinical
outcomes and migration rates are reported in a peer reviewed journal, preferably by a
surgeon not involved with the implant design, the data should be treated with some
caution.
Schmalzried et a!. (1996) reported progressive acetabular radiolucency in a large
proportion of a small all-cemented McMinn series. The average age was 42 years and
there had been one revision due to bad initial acetabular fixation in sclerotic bone. The
femoral component was difficult to position accurately without the use of a pinned
centring guide.
Due to the controversy over changes in the materials and manufacturing of the
McMinn hip AEA Harwell carried out a wear test of a Cormet 2000 hip on their hip
wear simulator (Corin, 1998). After 1.5 x 106 cycles they measured 2 j.m cumulative
linear wear on the femoral and 4.5 m on the acetabular component. This compares
favourably with similar tests on the Metasul hip articulation.
The Conserve Plus resurfacing has no published long term follow-up, although no
postoperative complications were reported for 60 implanted hips at an unspecified
follow-up time (Amstutz et a!., 1 998a).
3.5 Summary of Outcomes
The resurfacing outcomes catalogued above seem to fall into three distinct categories.
The resurfacings with the most rapid failures form the first category with large
numbers of revisions due to femoral loosening or femoral neck fracture. These reports
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emphasise the conservation of the femoral neck vessels and generally report a
majority of failures on the femoral side. Included in this lower level of outcome are
the "copy-cat" resurfacings introduced in the early 1970's. These seem to have had
little engineering input in their design and often lose sight of the aim of resurfacing -
conservation of bone - in their desire to implement a new technique. However three
of the more widely reported resurfacings (Paltrinieri-Trentani, ICLH, Wagner) also
show early failure on the femoral side.
The second outcome category is characterised by failure initiated predominantly on
the acetabular side. With careful femoral head shaping technique and accurate
positioning of the femoral component the most vulnerable part of the prosthesis
becomes the acetabular component. Failure occurs at longer times after implantation
than the first level of outcome, but still with rapidity and bone loss. Both the TARA
and the THARIES implants have later acetabular loosening as their main mode of
failure. The main physical difference between these implants and the Paltrinieri-
Trentani, ICLH and Wagner implants is the number of different implant sizes
available: the more successful implants had eight sizes, whereas the ICLH and
Wagner had four or fewer. In other respects - fixation, shape and materials - the two
groups are similar.
In comparison failures in stemmed THR occur later and with less bone destruction,
due to the intrinsic stability of the stem in the medullary canal. Although the later
resurfacing components lasted longer, the problems presented at revision may have
been more complex than the quicker failing implants. Compensating for bone loss is
much more difficult on the acetabular side than on the femoral side.
The early results of modern metal-on-metal resurfacings fall into a third category.
Taken at face value they are encouraging. The low migration rates of the BHR predict
good long-term outcomes. However the early reports of previous resurfacing
designers were equally confident of long term success.
3.6 Problems in Resurfacing Design
The initial focus of resurfacing was conservation of the femoral head. Many of the
reports of resurfacings have commented on how deeply the acetabulum must be
reamed to accommodate the large components. Later authors have appreciated this
and attempted to design resurfacings that conserve both acetabular and fernoral bone
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stock. However the femoral head cannot be reduced below a certain size before the
hip range of motion is significantly limited and impingement is a certainty in all
directions of movement.
The challenge of designing a femoral component for resurfacing is in providing a
reasonable solution to the problems of stress distribution and stability. These are
problems of designing the bone-implant interface. Since revision to THR or even to
another conservative hip replacement (section 3.7) does not depend critically upon the
retention of the femoral neck there is a wide scope for innovation and also a wide
margin for error. The design space is physically and conceptually large.
The acetabular component on the other hand presents a more difficult task. Not only
must the design provide a good solution to the problem of the bone-implant interface,
it is also constrained by very demanding physical limits if it is to conserve bone.
Conservation of bone is more critical on the acetabular side than on the femoral side
simply because there is less bone initially. Conservation is of primary importance for
the success of any subsequent revision operations (as outlined in section 3.1). If the
resurfacing is to be truly conservative it must present the surgeon with an acetabulum
that can be treated "as a primary" at revision. All the other design features - fixation,
load distribution and bearing design - must follow from this.
Conservation means limiting the removal of bone to the minimum necessary. It means
shaping the implant to the bone, rather than shaping the bone to the implant. In order
to achieve this it is first necessary to know what is the shape of the bone. Review of
the literature and requests for help from anatomists (Eckstein, 1998; Parkin, 1998)
have shown that the morphology of the acetabulum is little known. In particular
studies linking its gross physical form with its function are scarce. Although the
problems of incongruity, distribution of subchondral bone and cartilage thickness
have been investigated (Greenwald and O'Connor, 1971; Eckstein et al., 1997;
Eisenhart-Rothe et a!., 1997; Lazennac et a!., 1997) the data required are more basic.
They include the solid subtended angles of the articular and subchondral surfaces at
the centre of rotation of the hip joint. Measurement of these angles however requires
that the centre of rotation of the joint be known and since this is defined by the
articular surface itself extensive information is needed.
107
It is also necessary to understand what are the aims of acetabular bone removal and
how the process of reaming changes and moves the shape of the acetabulum. A
conservative reaming operation has been defined as follows (Northmore-Ball, 1998):
. Ream medially with small diameter reamer until the true acetabular floor or fossa
is just grazed.
. Increase reamer diameter incrementally until the subchondral bone anteriorly and
posteriorly is just grazed.
. Ream with this diameter reamer in a supero-medial direction until the subchondral
bone in the supero-lateral acetabulum is grazed.
The preceding survey of outcomes shows that, in the past, resurfacings failed due to
loosening of the acetabular component. This view is supported by surgeons who used
the implants (Freeman, 1998). Modem resurfacings seem to behave differently
although long-term results are still not known. However, given the neglect of the
acetabular component in hip replacement in general, it is reasonable to conclude that
improving acetabular component design is fundamental to the improvement of
resurfacings.
3.7 Other Conservative Hip Replacements
Resurfacing is not the only solution to the problem of replacing the hip joint in a
conservative fashion. The Thrust Plate Prosthesis (TPP), designed by Jacob and
Huggler, is one such implant (Bereiter et a!., 1991). The femoral head is partially
resected perpendicular to the neck axis and the plate of the prosthesis is bolted to this
platform (Figure 3.7.1). The bolt passes down the neck and is secured to the lateral
femoral cortex. The diameter of the femoral articulating surface is not constrained to
be as large as the femoral head diameter and so an acetabular component similar to
that of conventional THR may be used. The thrust plate itself is porous Ti coated for
bone ingrowth fixation. The Co-Cr bolt provides initial stability. Modular femoral
heads allow a variety of articulations including metal-on-metal.
The thrust plate relies upon the bolt through the lateral cortex to prevent relative
motion at the flat implant-bone interface while bone ingrowth occurs. The pre-stress
created by tightening the bolt at operation will help to keep a compressive stress
distribution in the femoral neck, minimising interfacial shear and tensile stresses and
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thus relative motion. However as discussed earlier in section 2.1.4, bone is a
viscoelastic material and will creep under constant stress. Ingrowth must be complete
before the pre-stress is relaxed, or the implant will become unstable. Substantial
bending and torsion moments were measured in instrumented conventional prostheses
by Bergmann et al. (1993).
Short term follow-up results have been reported: with a mean age of 52, five out of 78
hips had been revised within two years of operation. However three of these were for
sepsis and 42 of the other hips had at least a five year follow-up (Bereiter et aL,
1991).
Figure 3.7.1 The Thrust Plate Prosthesis from Allopro technical data sheet (1997).
Munting, working in Belgium, reported the implantation of a similar design (Munting
and Verhelpen, 1995; Munting et a!., 1997). A bolt down the femoral neck to the
lateral cortex and porous Ti bone ingrowth are employed as in the TPP. However the
plate of the TPP is replaced with a curved surface interrupted by four lamellae
designed to anchor the implant in the cancellous bone of the proximal femur. At a
mean follow-up of 5.8 years there have been 8 revisions for technical errors out of a
total of 48 implanted hips (0.24% revised per month). Six of these were revised for
varus positioning of the implant and 2 for partial seating on bone. The mean patient
age was 36.
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Figure 3.7.2 Munting stemless femoral implant from Munting and Verhelpen (1995).
A Swedish conservative prosthesis inspired by Brânemark's work on osseointegration
was described by Albrektsson et a!. (1998). The Gothenburg Osseointegrated hip
arthroplasty echoes the design of the Brânemark dental implants. A large threaded c.p.
Ti barrel is inserted down the femoral neck and a smaller bolt passes through it and
into the lateral femoral cortex. At 4-5 years follow-up five out of ten implants in the
pilot trial are in place. One patient has died, and four were revised. The authors
suggested that placement of the implant centrally in the neck rather than nearer to the
calcar caused the failures. RSA of implants placed near to the calcar showed
"minimal" migration at five years follow-up.
Figure 3.7.3 The Cothenburg osseointegrated hip arthroplasty from Albrektsson et aL (1998).
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4. Anatomical Survey of the Acetabulum
4.1 Introduction
In order to shape the implant to the bone (section 3.6) the shape of the bone needs to
be known accurately. The shape of the proximal femur is much studied and detailed
infonnation (Clark et a!., 1987; Noble et a!., 1988; Husmann et a!., 1997; Sugano et
a!., 1999) on offsets, neck-shaft angles and retro- and ante-version is available. These
extensive data are the result of the recent emphasis on femoral stem fixation, with the
resulting drive to produce an uncemented stem that accurately fits and fills the
femoral canal. However, the more difficult question of the shape of the acetabulum is
much less studied. Given the importance of the acetabulum to the design of a
resurfacing, a project to characterise its morphology was undertaken.
The first difficulty was to decide which parameters were important. Consideration of
the effect of an acetabular implant upon range of motion (Figure 4.1.1) shows the
importance of the subtended angle. This angle (with the head-to-neck ratio) defines
the angle through which the implanted hip can move. In fact a whole set of angles is
required to characterise the irregular shape of the natural acetabulum. They apply a
constraint upon the thickness of the implant: the smaller the subtended angle the
thicker the component can be made without removing more bone for a given range of
motion.
Figure 4.1.1 The subtended angle (0) and its effect on range of motion.
Anatomical parameters can be obtained directly from measurements of cadavers, or
indirectly from analysis of images or scans of the body. Two types of images of the
pelvis - plane X-rays and Computed Tomography (CT) scans - were available.
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Although plane-X rays of a large population group were easily obtainable they were
immediately discounted. Without information about the relative orientation of the
patient and the X-ray source and the magnification it is impossible to extract
meaningful three dimensional measurements. The CT scans at the Robert Jones and
Agnes Hunt Orthopaedic Hospital (RJAHOH) were stored as hard copies and digitally
on 8" floppy disks. The small size of the hard copy pictures proved difficult to
measure and the digital information was in a proprietary file format on disks usable
only in a CT scanner which had been replaced. For reasons of patient confidentiality
CT and X ray data may not be transferred outside hospital limits and so digital data
from modem CT scanners elsewhere in Britain could not be used. Therefore the
option of direct measurement of cadavers was explored.
Obtaining human material was the most difficult part of the project. The Anatomy
Laboratory at the RJAHOH was reluctant to allow the cadavers used for teaching
purposes to be dissected down to expose the acetabula. A planned collaboration with
Mitutoyo Co-ordinate Measuring Machines in Leeds, who had helped to carry out a
survey of the morphology of the proximal humerus (Roberts et al., 1991), was
abandoned due to the difficulty in obtaining material. The problem seemed to be
solved when the Anatomy Laboratory of Munich University, who have studied the
acetabular subchondral plate and cartilage thickness in detail, offered access to up to
80 cadavers in Munich.
An electronic digitiser (Poihemus' "Fastrak") which determined the position and
orientation (6 D0F) of a receiver in 3D space to 0.7 mm could be used to gather data
points. However, preliminary tests demonstrated that the stainless steel tables upon
which cadavers are stored interfered with its operation. To take advantage of the
Munich offer it was planned to build an Instrumented Spatial Linkage (ISL) and use it
as a substitute digitiser. ISLs use mechanical joints and potentiometers to determine
the co-ordinates of a point in space.
However, in the course of asking for help in making an ISL, Dr. Tanya Dawson, of
the University of Liverpool, offered the use of data sets from dried human pelves,
scanned using a laser surface scanner. This technique uses the reflected light from a
laser line scanned across a solid surface to build up a 3D computer image. These data
removed the need for any actual measurement, allowing concentration on the
extraction and analysis of suitable parameters.
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4.2 Materials
There were 18 hemipelves altogether, of which 8 were female, 9 male and one was of
undetermined gender. The most common estimated age range at death was 25-3 5
years, with the oldest range 41-67 and the youngest 16+. The bones came from two
archaeological sites in Gloucester (periods 43-410 AD and 1066-1500 AD) and one
came from the Pathology Laboratory in the RJAHOH. Table 4.2.1 contains
information on the subjects and the condition of the bones. Heights estimated from the
length of the femur ranged from 1.49 m to 1.81 m with a mean of 1.62 m. There were
12 right and 6 left hemipelves, including one right and left pair. None of the
hemipelves showed signs of degenerative joint disease, although many were broken,
the most common sites being the pubic ramus and the anterior horn of the acetabular
rim. The scanned hemipelvis data files were in ASCII format and consisted of a list of
nodal co-ordinates and a list of triangular element connectivities.
Table 4.2.1 Biographical data and condition of hemipelves. PS pubic symphysis, IT ischial
tuberosity, ASIS anterior superior iliac spine, PSIS posterior superior iliac spine, AH anterior
horn of acetabular rim.
Period	 Subject Side Estimated	 _______ Condition
________ ________ _____ Sex Age at death Height ____________________________
43-410 1	 R	 F	 17-25	 1.54	 complete
AD	 2	 R	 M	 41-67	 1.81	 PS, IT and AH missing
3	 L	 F	 17-25	 -	 PS missing
4	 R	 F	 25-35	 1.49	 complete
5a	 R	 F	 25-35	 1.61	 PS and AH missing
5b	 L	 pair of 5a	 _______ ASIS and PSIS missing
6	 L	 M	 17-25	 1.60	 complete
7	 L	 ?M <16	 -	 complete
8	 R	 M	 17-25	 1.72	 complete
9	 R	 ?M 17-25	 -	 ASIS and PS missing
10	 R	 M	 25-35	 1.65	 complete
________ 11	 R	 F	 25-35	 1.58	 complete
1066-	 12	 R	 ?F	 25-35	 1.57	 complete
1500 AD 13	 R	 ?M 35-45	 1.65	 Ps and All missing
14	 L	 F	 25-35	 1.52	 complete
15	 R	 M	 25-35	 1.77	 PS and AH missing
________ 16	 R	 M	 25-35	 1.60	 complete
modern	 17	 L	 -	 -	 complete
4.3 Method
Using a routine written in Basic the files were converted to an ASCII format that
MENTAl, the solid modeller pre-processor for MARC (MARC Analysis
Corporation, Palo Alto, CA, USA) could read. Once loaded and displayed in the solid
modeller the nodes and elements on the acetabular articular surface were picked and
output as a separate file. The co-ordinate data from this file were extracted using
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another Basic routine and saved as a Matlab executable file. A short Matlab routine
(Appendix A) was implemented to fit a sphere to the nodal co-ordinate data in the
acetabular shell. The mean position vector of the set of nodal co-ordinates and its
magnitude were used as first approximations for the centre co-ordinates and radius.
The routine then used an iterative Newtonian method to reach a better approximation,
minimising the square of the distance from the sphere's surface to the data set nodes.
The best-fit sphere centre co-ordinates, radius and maximum, mean and standard
deviation of the error were output.
Eight approximately equidistant points on the acetabular rim were picked at anterior,
posterior, superior and inferior locations and the quarter points between these (Figure
4.3.1). In five hemipelves the anterior horn of the acetabular rim was broken so no
point was picked in this region. The superior, posterior and inferior (points 3, 5 and 7)
points were used to define the acetabular opening plane except in three pelves where
the rim was damaged at the inferior position (point 7). The angles between the rim-
centre vectors and the opening plane normal were calculated. The subtended angle in
any plane through the centre of rotation is the sum of two of these angles. Therefore
four different subtended angles were calculated. Table 4.3.1 shows the relationship
between the rim points, bony landmarks, the directions in which the subtended angles
were measured and anatomical directions.
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Figure 4.3.1 Locations of points on acetabular rim, showing rim-centre vectors (1 = anterior, 3 =
superior, 5 = posterior, 7 inferior).
Table 4.3.1 Subtended angle directions
Rim points Landmarks	 Approximate anatomical direction
1 and 5	 Anterior horn of lunate surfaee	 Anterior - posterior
2 and 6	 -	 Supero-anterior - infero posterior
3 and 7	 Anterior iliac crest and posterior Superior - inferior
horn of lunate surface
4 and 8	 Acetabular notch	 Infero-anterior - supero-posterior
The next step was to simulate the conservative reaming of an acetabulum and then re-
calculate the subtended angles. In a conservative reaming operation the acetabulum is
first deepened medially to the "true floor", increasing the reamer size until the anterior
and posterior rim are just grazed. The reamer is then pushed superiorly until the most
lateral portion of the rim is just grazed. This operation was simulated by selecting one
node on the floor and one on the rim and moving the best fit sphere centre medially
and superiorly until its surface contained those points.
The angles between rim-centre vectors and the opening plane normal could then be re-
calculated for the reamed acetabulum and a theoretical maximum removed bone
volume calculated. This simulation was not performed on the three hemipelves which




The diameters of the spheres fitted to the acetabula ranged from 43.7 mm to 58.2 mm.
The overall mean diameter was 50.9 mm, with a standard deviation (SD) of 3.6 mm.
The mean diameter of the male acetabula was 52.9 mm (SD 1.7 mm), of the female
49.0 mm (SD 1.45 mm) and this difference was significant (p < 0.05). These figures
are compared with published data (Clarke and Amstutz, 1975; Noble et aL, 1988;
Sugano et al., 1999) in Figure 4.4.1. There was a 2 mm difference in diameter
between the left and right acetabula of the only paired bones, but there was no
significant difference between right and left acetabula groups. The mean diameter of
the Norman period (1066 - 1500 AD) acetabula was 3 mm larger than that of the
Roman period (43 - 410 AD), however the difference was not significant. The group
mean of the mean deviation from each fitted sphere was 0.6 mm and the group mean
of the maximum deviation was 3 mm, while the maximum deviation for any
acetabulum was 6 mm. The location and magnitude of each nodal deviation was not
plotted. However visualising the set of nodes to which the sphere was fitted together
with the best-fit sphere allowed qualitative assessment of the size and region of the
deviations. In general the anterior and posterior regions of the articular surface lay just
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Figure 4.4.1 Acetabula diameters and gender differences compared with the literature.
The acetabular diameter plotted against the estimated height in Figure 4.4.2 shows a
strong correlation (R2 = 0.5994). The estimated height is calculated from the
maximum length of long bones using a regression formula reported by Trotter and
Peterson (1970).
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height (m)
Figure 4.4.2 Estimated height plotted against acetabular diameter showing least square fit.
A separate plot of male and female diameters against height shows a stronger relation
between male diameter and height than female diameter and height. However the
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small size of the sample groups (seven and seven respectively) prevents any firm
conclusions from being drawn.
4.4.2 Subtended Angles
The mean subtended angles in each of four directions - anterior to posterior, supero-
anterior to infero-posterior, superior to inferior and infero-anterior to supero-posterior
- are presented in Figure 4.4.3. The error bars represent one standard deviation of the
distribution. The only subtended angles in the data series larger than 180° are in the
superior - inferior direction, the maximum being 188°. One acetabulum has a supero-
anterior - infero-posterior angle of 1800 but the remaining acetabula have
substantially smaller angles in this direction. The minimum subtended angle, 128°, is
in the infero-anterior - supero-posterior direction of the acetabulurn of a male subject
of above average height. The mean subtended angle for each acetabulum, a measure
of its depth, ranges from 145° to 173°, with a mean of 158°.
Also shown in Figure 4.4.3 are the differences between the male and female groups.
Males have slightly larger subtended angles and hence deeper acetabula than females
although the difference is not significant. In males the acetabular notch is slightly
deeper and hence the inferior-superior angle is smaller. The gender difference is
largest in the superior - inferior direction (difference of 6.7°) but this is still less than
a single standard deviation (7.70). The mean subtended angle showed no correlation
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Figure 4.4.3 Acetabular subtended angles in four directions. Overall mean and mean male and
female compared. Error bars show one standard deviation.
4.4.3 Reaming Simulation
The mean distance moved medially and superiorly by the centre of the sphere during
the simulated reaming operation was 3.6 mm (1.2 mm - 5.4 mm). Figure 4.4.4 shows
that the subtended angles in each direction were increased by approximately 100. The
mean estimated bone volume removed was 7,400 mm 3 (2,200 - 14,400 mm3). The
















Figure 4.4.4 Acetabular subtended angles in four directions after simulated reaming. Error bars
show one standard deviation.
4,5 Discussion
4.5.1 Sphere Fitting
The sphere fitting results show that the semi-lunate surface of the acetabulum lies on
an extremely close approximation to the surface of a sphere. Rushfeldt et a!. (1981)
reported a 500 un maximum deviation from spherical of the acetabular subchondral
bone. The locations of these deviations were idiosyncratic. They only measured two
specimens, aged 62 and 49 years, both of which showed signs of degenerative joint
disease. It is speculated that hips become more spherical with age and congruency is
associated with joint disease (Eisenhart-Rothe et al., 1997), so the larger deviations in
the younger healthy population presented here are to be expected. The largest
maximum deviations noted are likely to be associated with nodes peripheral to the
articular surface that were mistakenly not eliminated from the model. The acetabulum
previously has been reported to be ovoid with a slightly reduced anterior-posterior
axis and increased superior-inferior axis (Greenwald and O'Connor, 1971; Eckstein et
a!., 1997; Eisenhart-Rothe et al., 1997). However these authors have all studied the
cartilage surface and not the subchondral bone which was studied in this case.
The range of sizes and difference between genders corresponds well with the
literature on femoral head sizes if an intervening 2 - 3 mm thickness of cartilage is
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taken into account. This correspondence also helps to confirm the sexing of the
hemipelves, which in archaeological remains is subject to some uncertainty. Lack of
significance in the differences between groups of acetabula such as that between the
Norman and Roman groups may only reflect the small sizes of the sample groups.
4.5.2 Subtended Angles
The subtended angles measured provide new information on the morphology of the
acetabulum. The first point to note is the large variation in acetabular depth. The mean
acetabular subtended angle is 158° with a range of 28°. This variation may be seen as
part of a spectrum that begins with acetabula so shallow that the hip is unstable
(congenital dislocation of the hip). A second point is that some subtended angles are
larger than 1800. These largest angles are exclusively in the superior - inferior
direction. These angles limit the ad- and abductive motion of the femur. The rim
points were chosen to lie near maxima on the acetabular rim, ensuring that the
subtended angles measured are the maximum for the acetabulum. The small anterior -
posterior subtended angle reflects the large range of motion in the flexion - extension
plane. The lowest subtended angle, that measured between the supero-posterior
quadrant and the acetabular notch would be larger in vivo due to the presence of the
transverse acetabular ligament.
It is interesting that Rushfeldt et al. (1981) suggest that the centre of the best-fit
sphere to the acetabular cartilage surface lies medially and anteriorly to that of the
best fit sphere to the subchondral bone. The consequence of this and of the larger
subtended angles would appear to be the curtailment of the range of motion of the
femur. However it is important to note that the largest angular motions possible
include a large component of rotation about the axis of the femoral neck which is
limited solely by the acetabular ligaments and musculature.
No measure of the portion of a sphere that the acetabular surface occupies has been
documented before. The measure proposed here, the subtended angle, is imperfect.
First it is a discrete measure, taken in four directions between eight points across the
acetabular rim. The points were chosen carefully to reflect similar positioning with
respect to landmarks such as the iliac crest and the anterior and posterior horns of the
lunate surface. The smoothness of the rim prevents the error from variation in relative
position from rising above 1°. Secondly the opening plane normal is defined by three
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of the rim points and is therefore an arbitrary direction. By using subtended angles as
a measure, rather than the individual rim-centre vector to normal angles, the variation
introduced by the opening plane normal should be eliminated.
The hemipelves studied here are those of modern homo sapiens (AielIo and Dean,
1990) and although differences in lifestyle may have an impact on their morphology
the hemipelves are comparable with present day populations. It is important to note
that hip replacement candidates include people with a wide diversity of lifestyles. The
correspondence between measured acetabular diameter and published values of
femoral head diameter helps to confirm the validity of this comparison.
The main sites of damage to the hemipelves were the pubic ramus and the anterior
horn of the acetabular rim. Three bony landmarks were always available to provide
adequate orientation. In five cases the anterior horn of the rim was absent and no rim
point 1 could be assigned therefore no anterior - posterior subtended angle was
calculated, increasing the uncertainty in the value of this angle.
The simulated reaming operation may be taken as a guide to the change of shape the
acetabulum undergoes at hip replacement. The points in the floor and on the rim that
define the simulated reaming operation are arbitrarily chosen. The simulation is
unrepeatable and unreproducible. However the uniform increase of the mean
subtended angles in all directions by 100, leaving a cavity that is still less than
hemispherical, is an important result.
The observation made by Townley (1981) that males have thicker acetabular walls
and smaller head-to-neck ratios and females have thinner acetabular walls and larger
head-to-neck ratios is interesting when related to the gender differences reported in
this study. Small head-to-neck ratios in males will further reduce the range of motion
already limited by large subtended angles, while large head-to-neck ratios will further
increase range of motion in females. The different orientation of the acetabulum and
femoral neck in males and females, not considered in this study, may account for
these apparent discrepancies, although Reikerás et a!. (1983) in a study using CT
scans found no gender difference for anteversion of the femoral neck and acetabulum.
4.5.3 Implications for Resurfacing Design
The parameters measured in this survey affect the shape and thickness of a
conservative resurfacing both directly and indirectly. First the acetabular subtended
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angle has a direct effect upon the subtended angle of the acetabular component.
Acetabular cups which overhang the acetabular rim are associated with impingement,
early loosening and increased wear (Cotella et a!., 1990; Wiadrowski et a!., 1991).
The fixation surface of the resurfacing acetabular cup therefore must conform to the
subtended angles of the reamed acetabular rim.
The subtended angle of the bearing surface of the acetabular component should reflect
the subtended angles of the unreamed acetabulum if the component is not to restrict
range of motion or give rise to impingement. Several resurfacing designers reduced
the subtended angle of the acetabular component following early experience with their
implants (Amstutz et a!., 1981 a; Capello and Trancik, 1981). The ICLH resurfacing
acetabular component was first reduced from 180° to 168° and then to 140° (Cotella
et al., 1990).
The diameter of the bearing surface of the resurfacing prosthesis must not exceed that
of the original cartilage bearing surface. If it were larger then more acetabular bone
would have to be reamed than necessary to insert the implant. An increased bearing
surface diameter would also decrease the available thickness for the acetabular
component, leading to material strength and fatigue problems. The lower limit on the
bearing surface diameter is determined by the thickness of the femoral neck. If the
ratio of the bearing surface to the femoral neck diameter is reduced too far the range
of motion of the hip will again be restricted and impingement will occur.
Thus the subtended angles of the reamed and unreamed acetabulum lie at the top of a
long chain of related design decisions. The challenge of designing a new conservative
resurfacing hip prosthesis will be to address the problem of the large variability in
shape of the acetabulum.
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5. Finite Element Analysis of a Novel Resurfacing Prosthesis
Finite Element Analysis (FEA) has applications throughout engineering. The
biharmonic equation (V4 = 0) describes the spatial variation of a range of quantities
including stresses and fluid and heat flows. Analytical solutions to the biharmonic
equation exist for a few special cases, for example for the stress field around a circular
hole in an infinite plate under uniaxial loading. In general, however, an alternative
method for determining the solutions is required. FEA is a numerical technique which
is used during the engineering design process to predict stress and strain distributions
in components during use. This chapter provides a brief description of the basic
concepts of FEA before presenting an FEA study of the resurfacing concept.
5.1 FEA basic theory
FEA splits the component to be analysed into a number of elements of finite size.
Within each element, in stress analysis, the displacement field is assumed to vary in a
particular way. These variations, which are expressed with arbitrary constants, are
then used to derive expressions for strains and hence stresses within each element.
The total strain energy for an element can then be deduced, also in terms of these
arbitrary constants. Further, the work done by external loads on the element can be
calculated from the displacements of the points at which the loading is applied.
Summing the strain energies for all elements and the work done gives the total
potential energy for the component. The best choice of arbitrary constants in the
displacement field variations minimises the total potential energy. FEA needs
computers to carry out the large matrix operations involved in this minimisation
problem.
In preparing a problem for FEA, the first step is to defme the volumes and surfaces of
the components to be analysed. Well-defined components may be modelled using
engineering design software packages such as IDEAS, but irregular anatomical shapes
must be imported from imaging software. Meshing, that is defining the elements, can
then proceed with varying degrees of user control depending upon the irregularity of
the volume shape. Meshing the irregularly shaped components frequently encountered
in biomechanics is awkward and time consuming.
The choice of element size depends upon the size of the smallest detail to be modelled
and the local stress gradient. The mesh is specified by a list of spatial co-ordinates
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defining the nodes and a list of nodal connectivities defining the elements. Different
types of elements are available. The most appropriate element type depends upon the
kind of problem and the capabilities of the FEA code to be used.
With the geometry of the problem described, the next step is to ascribe material
properties to the elements and to prescribe boundary conditions. Boundary conditions
place constraints upon the Degrees of Freedom (D0F) at nodes. In three dimensions
there are a maximum of six DoFs (translation along and rotation about each of the
three axes) at each node. Finally the loading conditions are defined and the model is
ready for the analysis program.
FEA can produce large quantities of data describing the loaded state of the model.
These can be displayed as contoured plots of stress or strain variables superimposed
on the elements of the model. While these plots are useful in determining areas of
stress concentration and maximum stresses in a model they can be misleading.
Artefacts arise from the discretisation of complex anatomical geometry so frequently
the maximum stresses have no relevance to the real situation. Analysing the statistical
distribution of stress and strain magnitudes gives a description of the overall response
to loading and allows meaningful comparisons between different models (Murphy et
a!., 2000).
5.2 Role of FEA in Biomechanics
As discussed in section 2.5.6 one theory of aseptic loosening (Taylor and Tanner,
1996) unifies the three successive stages of migration and relates them to the fatigue
failure of trabeculae in the cancellous bone adjacent to a prosthesis. The initial
postoperative stress distribution in the cancellous bone surrounding an implant can be
determined by FEA. Comparing the magnitudes of these stresses with reported
ultimate strengths and fatigue and creep thresholds allows a prediction of relative
rates of migration for different prostheses and fixation systems. A comparison of four
different fixation systems used on the same prosthesis produced results that correlated
well with clinically observed migration rates (Taylor et a!., 1995). Migration rates
have been shown to be predictive of late aseptic loosening (Freeman and Plante-
Bordeneuve, 1994; Kärrholm et a!., 1994).
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5.3 Aims of this analysis
Resurfacing has a poor clinical history (section 3.4) therefore careful analysis of the
concept is necessary. FEA can be used to determine stress and strain levels in the
bone surrounding an implant which are predictive of the subsequent migration and
long-term clinical outcome of an implant. There is only one published three
dimensional FEA study of the resurfacing concept (Watanabe et aL, 2000) which
deals solely with the femoral component at three instants in the gait cycle. In addition
FEA must be used to investigate the contact behaviour of the proposed polyacetal on
UHMWPE implant which is too compliant for the use of simple Hertzian analysis.
The studies presented here have four aims:
• to compare the resurfacing concept with conventional 1'HR and the intact hip
joint.
• to compare the novel design presented in chapter 7 with resurfacing prostheses in
clinical use.
• to investigate the contact behaviour of a large diameter compliant bearing.
• to investigate the potential for acetabular fixation by bone ingrowth.
5.4 Models
All the analyses were carried out using a three dimensional model of the human hemi-
pelvis developed and reported by Dalstra (1993). The model is shown in Figure 5.4.1.
Dalstra used quantitative Computer Tomography (CT) to image the left pelvic bone of
an 89 year old male in 4 mm thick slices. These slices provided the template for an FE
mesh and additionally gave information on the thickness of the cortical shell and the
apparent density of the cancellous bone. Each solid element representing cancellous
bone was assigned material properties corresponding to the apparent density of the
same region on the CT image according to relationships derived in Daistra's previous
work. Similarly the membrane elements representing cortical bone were assigned
thicknesses according to the measurements from the CT image. Cortical thicknesses
ranged from 0.96 to 2.06 mm.
126
Figure 5.4.1 Exploded view of the implanted pelvis model used in the analysis. The red arrows
represent joint force loading and the red triangles the built-in nodes at the symphysis pubis and
the auricular surface of the sacro-ifiac joint.
Table 5.4.1 Material properties assigned in the FE model. E is Young's Modulus, v Poisson's
ratio.
Material	 E	 v
Cancellous bone	 1.3 MPa - 1.6 GPa	 0.2
Subchondral cortex	 2 GPa	 0.3
Cortical bone	 17 GPa	 0.3
U}{MWPE	 0.5 GPa	 0.3
Polyacetal	 2.7 GPa	 0.3
Co-Cr alloy	 228 GPa	 0.3
Femoral neck	 114 MPa	 0.2
In-growing bone	 114 MPa	 0.2
The model of the pelvis was developed for the MARC FEA solver and subsequently
translated by New (1997) for use with ANSYS software. The original MARC version
was no longer available so the ANSYS model was translated to be used in
ABAQUS" (version 5.8, Hibbitt, Karisson & Sorensen Inc.), the software available
at the IRC. Owing to differences in material and element property assignments in the
different codes it was necessary to group both sets of properties leading to a lower
resolution in their spatial distribution than in Daistra's original model.
The membrane elements used in this and in Dalstra's original model to represent
cortical bone have no out-of-plane stiffness. Although the cortex might provide some
127
bending stifthess the use of shell elements (with out-of-plane stifThess) alters the
behaviour of the model substantially. This would make the comparison of the novel
implant with Dalstra's work impossible.
Models of the femoral and acetabular components were developed and meshed using
the IDEAS software package. The geometry of these components was based upon that
of the components of the prosthesis proposed in chapter 7. In order to fit the reverse of
the acetabular component to the pelvis model it was necessary to import a section of
the pelvis mesh into IDEAS and generate surface and volume information to define
the volume between the basic component shape and the subchondral bone. This
volume could then be meshed.
The femoral component was loaded via a cylindrical portion of bone representing the
bone of the femoral head and neck. Following the validation study carried out on the
pelvic model by Dalstra (1993), the pelvis was constrained by "built-in" nodes on the
auricular surface at the sacro-iliac joint and at the pubic symphysis.
The contact between the acetabular and femoral components and between the un-
bonded acetabular component and the subchondral bone was modelled using elements
automatically generated by ABAQUS. ABAQUS uses a master-slave contact model.
The "small sliding" approximation was used in which the nodes on the slave surface
are constrained not to penetrate a local tangent plane to the master surface. This
assumes that each slave node will interact with the same local area of master surface
throughout the analysis. A friction coefficient of 0.2 was used for both CoCr and
polyacetal on UHMWPE. This value is at the higher end of the range of reported
values (McKellop et al., 1981), but the friction was simply to stabilise the femoral
head in the acetabular cup to allow load to be transmitted.
5.5 Loading
The model was loaded with the joint reaction force via the femoral component and
with 22 muscle forces at the nodes corresponding to their attachments on the pelvis.
Five load cases representing the stance phase of gait were considered (Figure 5.5.1).
The sizes of the joint reaction forces and applied muscle forces are given in Table
5.5.1.
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Table 5.5.1 Hip joint reaction and muscle forces in Newtons for the five load cases during the
stance phase of gait.
__________________________ Load case __________ ___________ __________ - _________
Force	 1	 2	 3	 4	 _5 _________
Hip joint reaction	 2158	 1876	 1651	 1180	 _187
Gluteus maximus	 _930	 167	 377	 456	 491
Gluteusmedius	 1053	 1474	 1509	 1412	 982
Gluteus minimus	 140	 263	 228	 175	 123
Tensorfasciaelatae 	 132	 88	 158	 149	 88
Iliacus	 0	 0	 228	 307	 27
Psoas	 0	 316	 175	 88	 - 75
Gracilis	 0	 0	 0	 88	 - 58
Sartorius	 88	 0	 0	 35	 58
Semimembranosus	 368	 333	 368	 421	 298
Semitendinosus	 140	 105	 246	 316	 368
Biceps femoris longus	 202	 88	 70	 123	 114
Adductorlongus	 88	 0	 0	 88	 158
Adductor magnus	 0	 0	 0	 132	 263
Adductor brevis	 114	 0	 0	 0	 202
Obturator extemus 	 0	 0	 0	 123	 167
Obturator internus	 123	 0	 61	 61	 149
Pectineus	 0	 175	 96	 0	 149
Piriformis	 175	 0	 0	 0	 0
Quadratus femoris	 96	 0	 0	 88	 184
Superior gemellus 	 88	 123	 79	 0	 0
Inferior gemellus	 0	 0	 0	 0	 140










Figure 5.5.1 Phases of gait represented by the five load cases analysed from New (1997).
The directions of the muscle forces were calculated from three dimensional insertion
and attachment data (Dostal and Andrews, 1981) taking into account the anterior-
posterior motion of the femur during gait. The magnitudes of muscle forces were
based on EMG data from Crowninshield and Brand (1981). These forces were
identical to those used by Daistra (1993). The magnitudes of the hip joint reaction
force were identical to those used by Dalstra. However following a discussion on the
"BIOMCH-L" newsgroup the directions of the reaction force were altered.
Daistra took into account only the anterior-posterior motion of the femur relative to
the pelvis when transforming from the femoral Co-ordinate System (CS) in which the
joint reaction forces were measured (Bergmann et a!., 1993) into a pelvic CS. The
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forces used in his model point anteriorly throughout the gait cycle, moving anteriorly
from heel-strike to toe-off. The relative motion between femur and pelvis was
measured on a different subject from that reported by Bergmann. Pedersen et a!.
(1997) reported gait lab measurements, validated by instrumented prosthesis data
taken from the same subject, of the direction of the joint reaction force in a pelvic Cs.
They calculated a force that pointed posteriorly throughout the gait cycle, but still
moving anteriorly during the stance phase. Witte et a!. (1997), using data from the
Bergmann instrumented prosthesis and their own gait lab data, reported a far more
complex pattern of motion of the joint reaction force relative to the pelvis. However
Witte (2000) suggested that the most reliable data were those reported by Pedersen.
Finally data calculated by the usual inverse dynamics process from gait lab
measurements (Stansfield, 2000) and transformed into a pelvic CS showed the joint
reaction force pointing posteriorly at heel strike, moving anteriorly through vertical
and pointing anteriorly at toe off.
The relative displacements between load cases of the joint reaction forces used in
these analyses were identical to those used by Dalstra. However, all the forces were
rotated posteriorly by approximately 20 degrees so that the direction at heel strike was
20 degrees posterior to vertical in the sagittal plane following the data from Stansfield
(2000).
5.6 Analysis Methods
The Finite Element Analysis carried out in the course of this project may be divided
into three studies, summarised in Table 5.6.1.
The first study looked at the contact behaviour of large diameter bearings, comparing
polyacetal on U}IMWPE with CoCr on UHMWPE. The components were
"implanted" in the pelvis and loaded with the joint reaction and muscle forces listed in
Table 5.5.1. Differences between the two bearings were assessed by comparing
contact pressures and areas. The contact behaviour of an implanted CoCr on CoCr
resurfacing proved too difficult to model, but fortunately this combination is
susceptible to the Hertzian analytical solution for contact stresses and areas (Jin et a!.,
1997). For all of the implant combinations investigated the bearing surface diameter
was 48 mm with a radial clearance between femoral and acetabular components of
0.24 mm. The contact analyses were carried out in two steps: first contact was
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established between the femoral and acetabular components by imposing a
displacement boundary condition on the femoral component. In the second step this
displacement condition was released and the loading applied. This method avoids the
unconstrained motion that occurs when loaded contact surfaces "miss" each other.
The second study investigated the influence of implant materials on the stress and
strain levels and distribution in the surrounding bone. In contact analyses the femoral
component material was polyacetal or CoCr and the acetabular component
UI{MWPE. All components were assumed to be fully bonded. Due to modelling
difficulties with contact between CoCr components, for CoCr on CoCr analyses only
the acetabular component was included. The joint reaction force was applied to a node
at the centre of the sphere defmed by the acetabular component, which was linked to
all the nodes on the bearing surface by rigid one-dimensional elements. Tensile
stresses that do not occur in real contact were set up but their magnitudes were small.
In the third study a further set of analyses compared the stress and strain distributions
in surrounding bone for different acetabular materials with fully de-bonded acetabular
components. Contact surfaces were defined between the acetabular cup and the
subchondral bone. A press-fit fixation was simulated using the ABAQUS ADJUST
command, which moves the nodes of the slave surface (acetabular cup) until they are
exactly in contact with the master surface (subchondral bone) before the analysis
begins. This analysis was carried out with both UHMWPE and CoCr acetabular
components with coefficients of friction of both t = 0.1 and 0.5 at the fixation
surfaces. Loading was applied as previously via the node at the centre of the
acetabular sphere, but only load case 1 was investigated. The potential for bone
ingrowth fixation was assessed by monitoring the tangential and normal motion
between the contact nodes.
Table 5.6.1 Analyses carried out. j.t is the coefficient of friction for implant bearing surfaces in
studies I and 2, and for the fixation surfaces in study 3.
Study	 Variable	 Values	 Load cases	 Output
1 (resurfacing	 Femoral component Polyacetal; CoCr (j,i = 0.2) 1,2, 3,4, 5 	 Contact area,
contact)	 material	 ______________________ ___________ pressure
2 (stress, strain: Femoral component Polyacetal; CoCr	 1, 2, 3, 4, 5	 Strain statistics
bone, implant) material	 _______________________ ___________ ______________
Acetabular	 UHMWPE; CoCr	 1,2, 3,4, 5	 Strain statistics
_______________ componelit material ________________________ ____________ _______________
3 (as 2 plus	 Fixation	 "press-fit" i = 0.1; t =	 1	 Motion of
micromotion) ________________ 0.5; CoCr, UHMWPE	 ___________ contact nodes
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5.7 FE results
The pictures displaying contour maps of finite element models are shown from two
viewpoints. The first displays the lateral side of the pelvis, the superior axis pointing
up the page and the anterior axis pointing to the left. In the second, used to show the
medial aspect of the pelvis, the superior axis again points up the page, but the anterior
axis points to the right.
5.7.1 Contact behaviour
The results characterising the contact behaviour in the loaded hip implanted with
CoCr and polyacetal on U}HvIWPE resurfacings are shown in Tables 5.7.1 and 5.7.2.
Table 5.7.1 Contact results for polyacetal on UHMWPE. Contact area estimated from number of
nodes in contact. Area of contact patch also estimated in ABAQUS Post. Edge refers to length of
acetabular cup edge involved in contact.
Polyacetal on	 Load case 1	 Load case 2	 Load case 3	 Load case 4	 Load case 5
U}IMWPE	 ___________ ____________ ____________ ___________ ____________
Contact area!	 1017	 888	 990	 780	 197
mm2_____________________ _______________________ _______________________
Number of	 248	 231	 224	 210	 113
contactsquares ____________ ______________ ______________ _____________ ______________
Edge/mm	 49	 45	 56	 49	 15
Max gap / mm	 0.88	 0.94	 1.26	 1.20	 0.72
Max contact	 6.45	 6.10	 5.81	 5.54	 2.56
stress I MPa	 ____________ ______________ ______________ _____________ ______________
Mean contact	 2.57	 2.47	 1.94	 1.77	 1.03
stress I MPa	 _____________ _______________ ______________
Table 5.7.2 Contact results for CoCr on UHMWPE. Contact area estimated from number of
nodes in contact. Area of contact patch also estimated in ABAQUS Post. Edge refers to length of
acetabular cup edge involved in contact.
CoCr on	 Load case 1 Load case 2	 Load case 3	 Load case 4	 Load case 5
UHMWPE__________ ___________ ___________ ___________ ____________
Contact area /	 1065	 956	 909	 726	 183
Number of	 238	 218	 221	 205	 103
contactsquares ____________ ______________ ______________ ______________ ______________
Edge/mm	 49	 45	 52	 45	 15
Max gap / mm	 0.94	 1.00	 1.26	 1.20	 0.72
Max Contact	 737	 6.70	 6.48	 638	 2.64
stress/ MPa	 _____________ ______________ _______________ ______________ _______________
Mean Contact	 2.47	 2.32	 2.11	 1.07	 1.09
stress/ MPa	 _____________ ______________ _______________ ______________ _______________
The contact areas are calculated assuming each contact node is associated with an
equal portion of the contact surface. The contact area is also estimated by counting
elements in contact on the post-processor display. The largest contact areas and


































largest distortion of the contact surfaces occurs in load case 3 where the maximum
contact gap is 1.26 mm. There are no consistent differences in contact gap between
the polyacetal and CoCr on U}DS4WPE implants. The largest number of elements on
the edge of the acetabular component in contact occurs in load case 3. This number of
elements, 15, corresponds to a distance along the edge of approximately 56 mm,
compared to the total circumference of 149 mm.
The greatest difference between the polyacetal and CoCr on UHMWPE results is in
the size of the peak contact pressure and is only sizeable in load case 1. The
polyacetal component however shows higher mean contact pressures in load cases 1,
2 and 4. The polyacetal also shows a more non-linear relationship between applied
load and contact area, with the contact area rising from load case 2 to load case 3
while the joint reaction force is decreased.
Figures 5.7.1 and 5.7.2 map contact area and the gap between the surfaces for
polyacetal and CoCr on UHMWPE respectively. The contour scales are different for
each plot, but the dark blue area always represents zero gap i.e. contact.
Figure 5.7.1 Contact gap between polyacetal and UHMWPE components, load cases 1 (left) and 3
(right). Blue indicates contact, red the largest gap.
Figure 5.7.2 Contact gap between CoCr on UHMWPE components, load cases 1 (left) and 3






5.7.2 Periacetabular cancellous bone
Histograms of the distribution of maximum principal strain in the cancellous bone
immediately surrounding the implant were plotted for all analyses. These frequency
distributions are summarised in bar graphs. An example frequency distribution plot is
also included. The frequency distribution was used to calculate the percentage of
periacetabular cancellous bone element integration points with compressive strains
larger than 0.0 10 or tensile strains larger than 0.008, the compressive and tensile yield
strains found by Chang et a!. (2000) in their study on bovine trabecular bone. These
two percentages were summed to give the total percentage at risk of yielding. The
upper quartile value of the von Mises stress was calculated for comparison with these
strain-based values.
A representative plot of the frequency distribution of strain in the periacetabular
cancellous bone is shown in Figure 5.7.3. The frequency curve is normalised with
respect to its maximum and is shown together with a cumulative frequency curve.
Principal strain frequency distribution
.004	 .003	 0.02	 0.01	 0	 0.01	 0.02	 0.03	 0.04
Mu pdnclp.l sham
Figure 5.7.3 Periacetabular principal strain frequency distribution. Polyacetal on PE, load case3.
Figures 5.7.4 and 5.7.5 compare the percentages of integration points at risk of
compressive and tensile failure respectively in polyacetal and CoCr on UHMWPE and
CoCr on CoCr. The upper quartile von Mises stresses for all three material
combinations are plotted in Figure 5.7.6. These graphs use the abbreviation POM
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Compressive strain failure of perlacetabular cancellous bone
Figure 5.7.4 Percentage of element integration points with maximum principal strains less than
-0.010.
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Upper quartile von Mises stress in p.rlacetabular cancellous bone
Loadcasel	 Loadcase2	 Loedcase3	 Loadcase4	 Loadcase5
Figure 5.7.6 Upper quartile von Mises stress (MPa) in periacetabular cancellous bone.
The first and most obvious point to note is that the effect of different implant
materials on the strains and stresses in the elements considered is small compared
with the effect of the different joint reaction and muscle forces between different load
cases. The percentage of element integration points with compressive strains larger
than 0.010 (Figure 5.7.4) decreases from load case 1 to 5, while the corresponding
graph of tensile strains larger than 0.008 (Figure 5.7.5) increases from load case 1 to 3
then decreases to load case 5. The percentages exceeding the compressive strain limit
are greater than those exceeding the tensile limit throughout the gait cycle. There is
also a smaller variation over the gait cycle in the tensile than in the compressive
graph. The upper quartile von Mises stress graph (Figure 5.7.6) shows a similar trend
to the compressive strain distribution and the joint reaction force, which also falls
continuously over the gait cycle. However the comparison between the large fall in
reaction force between load case 4 and 5 and the much smaller fall in the levels of
strain failure and stresses shows that muscle forces also have a strong effect.
The CoCr acetabular cup model tends to have fewer integration points with strains
outside the range -0.0 10 <c < 0.008 over the whole gait cycle. The upper quartile von











5.7.3 Peak von Mises stresses
The peak von Mises stresses in all model components are presented in this section.
The graph of peak von Mises stress in the cortical bone (Figure 5.7.7) shows lower or
equal stress peaks with the CoCr acetabular component. The highest peak stresses are
in load cases 3 and 4 while load case 5 shows higher peak stresses than load case 1.
Peak von Mises stress in cortical bone
RU ---------..----
Loadoasel	 Loadcas.2	 Loadcase3	 Loadcaas4	 Loadcase5
Figure 5.7.7 Peak von Mises sfress (MPa) in cortical bone.
The contour plot of von Mises stress in the cortical bone (Figure 5.7.8) in the CoCr
acetabular component analysis under load case 1 shows a similar stress distribution to
the other implant material combinations. The highest stresses are in the region of the
anterior inferior iliac spine and around the posterior inferior iliac spine. Three other
areas experience stresses above 30 MPa (green in the contour plot): a small area on
the medial iliac surface immediately superior to the sacro-iliac joint; a band running
approximately inferior-superior from the acetabular rim on the lateral iliac surface;
and the cortical bone at the superior acetabular rim.
The cortical bone stress condition under load case 4 for polyacetal on UHrvIWPE is
illustrated in Figure 5.7.9. The peak stresses are higher, but distributed in a similar
pattern to those in Figure 5.7.8 (the colour scale used in the plots is identical, but the




















Figure 5.7.8 von Mises stress, CoCr acetabutar component, load case 1. Lateral and medial
aspects of cortical membrane elements.
Figure 5.7.9 von Mises stress, polyacetal on UHMWPE, load case 4. Lateral and medial aspects of
cortical membrane elements.
The peak von Mises stresses in periacetabular cancellous bone (Figure 5.7.10) follow
a different pattern to that of the upper quartile values presented in Figure 5.7.6. The











polyacetal on UHMWPE combinations. The CoCr acetabular component produced
the highest peak stresses in load cases 2, 3 and 5.
P.ak von Mises stress In penacetabular cancellous bone
Loadce1	 Loadce.2	 Loadcase3	 Loadcase4	 Loadcaee5
Figure 5.7.10 Peak von Mises stresses (MPa) in periacetabular cancellous bone.
The peak stresses found when all elements representing cancellous bone are
considered (Figure 5.7.11) demonstrate the need for careful interpretation of FEA
results. The highest stresses were found in load case 5, but visualisation of the
element with the highest stresses showed that the element was badly warped. The
principal stress direction in load case 5 was also the direction in which this geometry





















Peak von Mises stress In all cancellous bon•
25
Load cii. 1	 Load case 2	 Load ase 3	 Load case 4	 Load case
Figure 5.7.11 Peak von Mises stresses (MPa) in all cancellous bone.
Figure 5.7.12 shows the von Mises distribution in the cancellous bone for load case 3
in the CoCr on UI-IMWPE model. As the graphs in Figures 5.7.10 and 5.7.11 indicate
there is no consistent difference between implant material combinations. The stress
distributions in other load cases do not follow markedly different patterns.











The peak stresses in subchondral bone (Figure 5.7.13) are highest in load case 3. The
differences between polyacetal on UFIMWPE and CoCr on UHMWPE are small and
the CoCr acetabular cup shows the highest stresses in all load cases except 2.
Peak von Mises stress in subchondraI bone
Load case 1	 Load case 2
	
Load case 3	 Load case 4	 Load cue 5
Figure 5.7.13 Peak von Mises stress (MPa) in subchondral bone.
The von Mises stress distributions in the subchondral bone show differences between
implant material combinations and between load cases. Both load cases I and 3 with
the CoCr acetabular component (Figure 5.7.16) show marked stress shielding of the
bone. The areas of dark and light blue are more extensive than in either the CoCr on
UHMWPE (Figure 5.7.15) or polyacetal on UHMWPE (Figure 5.7.14). In all of the
material combinations and load cases the largest stresses occur in a narrow band on
the supero-posterior quadrant of the acetabular rim and in a smaller patch on the
anterior rim. In the CoCr acetabular component the area of slightly lower stress (green
































Figure 5.7.14 von Mi3es stress, load cases 1 (left) and 3 (rIght). Polyacetal on UHMWPE,
subchondral bone.
Figure 5.7.15 von Misc. stress, load cases 1 (left) and 3 (right). CoCr on UHMWPE, subchondral
bone.
Figure 5.7.16 von Mises stress, load cases 1 (left) and 3 (right). CoCr acetabular component,
subchondral bone.
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The stress distributions in the polyacetal and CoCr on UHMWPE implanted hips in
load case 1 most closely resemble the distributions described by Daistra in
subchondral bone of intact hips, although in Daistra's pictures the concentrations are
more anterior due to the rotation of the joint reaction force in this study (the reaction
force magnitude and all muscle forces are identical). The subchondral bone in
Daistra's implanted model is largely stress-shielded unlike the subchondral bone in
any of the implanted hips in this study. However the peak stresses are of similar
magnitudes (6-8 MPa) to those found in this study.
The direction of the loading has a large influence on the von Mises stress distribution
in the subchondral bone. Load case 1 (left Figure 5.7.14 and 5.7.15) shows much
more loading of the acetabular dome than load case 3 for both UHMWPE acetabular
cup models. However with a CoCr acetabular cup (Figure 5.7.16) the bone
experiences similar amounts of stress shielding in both load cases. The change in
reaction force direction shifts the area of peak stresses posteriorly around the
acetabular rim.
Figure 5.7.17 shows a decrease in the peak von Mises stresses in the in-growing bone
from load cases 1 to 5. While in load case 1 peak stresses in all three analyses are
similar, in all other load cases the CoCr acetabular cup produces the highest peak
stress. The peak stresses in CoCr and polyacetal on UFIMWPE analyses are similar





























Peak von Mises stress in ingrown bone
Loadcasel	 Lo.dca..2	 Loadcase3
	
Load case 4	 Load case 5
Figure 5.7.17 Peak von Mises stresses (MPa) in in-growing bone.
Figures 5.7.18 to 5.7.21 present contour plots of the in-growing bone. The highest
stresses in load case 1 of all three implant material combinations are in a patch around
the locus of the joint reaction force. In load cases 3, 4 and 5 the highest stresses, seen
in the CoCr acetabular component analyses, are at the posterior edge of the acetabular
rim.


























Figure 5.7.20 von Mises stress, CoCr acetabular component, load cases 1 (left), and 3 (right).
Ingrowing bone.
The peak von Mises stresses in the CoCr femoral component (Figure 5.7.21) are

























Peak von Mises stress in femoral component
Losdcus.1	 Loadcase2	 Loadcem3	 Lo.dc.se4	 Loadcase5
Figure 5.7.21 Peak von Mises stresses (MPa) in femoral component.
Figure 5.7.22 shows a contour plot of a polyacetal femoral component for load cases 1
and 5. Load case 1 shows the stress concentration at the rim of the component (15
MPa).
Figure 5.7.22 von Mises stresses, POM on UIIMWPE, load cases 1 (left), and 5 (right). Femoral
component.
The peak von Mises stresses in the acetabular component (Figure 5.7.23) are highest
in load case 1 and decrease to load case 5. There is no consistent pattern of difference
between implant material combinations, although the stresses in the CoCr on
UHWMPE analysis are highest in load cases 1, 2 and 4 and those in the CoCr











Peak von Mises stress In acetabular compon.nt
Loadcaeel	 Loadcaes2	 Loadcees3	 Loadcase4	 Loadcaee5
Figure 5.7.23 Peak von Mises stresses (MPa) in acetabular component.
The contour plots of the von Mises distribution in the acetabular components however
show large differences between implant material combinations. The articulation
surfaces of the two cups in the contact studies (polyacetal on UHWMPE and CoCr on
UFIMWPE) show a blotchy pattern due to the discretisation of the spherical surfaces
(Figures 5.7.24 and 5.7.25), while the CoCr cup is loaded as if with a perfect rigid
match to the cup surface and shows a smoother distribution (Figure 5.7.26). The
stresses around the rim of the cups are indicative of the load transfer to the
surrounding bone. The CoCr cup shows large areas of high stress at the superior rim
edge suggesting that most of the load is transferred directly to the cortical bone at this
point. The two UHMWPE cups show niuch lower stresses at the rim suggesting that
the load is transferred over a larger area to the subehondral and cancellous bone in the
acetabulum. The higher periacetabular cancellous bone stresses found in the two
contact studies confirm this view.
The rotation of the joint reaction force between load cases I and 5 is clearly
demonstrated in all the plots and in the two contact studies the stress distribution in


























Figure 5.7.24 von Mises stresses, POM on UHMWPE, load cases 1 (left) and 5 (right). Acetabular
cup.
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This section presents the results of studies investigating the effect of fixation of the
acetabular component on the stress and strain distributions in the surrounding bone.
All of the parameters reported for the previous studies are included as well as the
normal and tangential relative motions at the cup - bone interface.
Table 5.7.3 Relative implant - bone motion. % < 100 jim gap is the percentage of contact nodes
with interface gaps smaller than 100 pm. % <40 pm tangential is the percentage of contact nodes
with interface tangential motion smaller than 40 p.m. p is the friction coefficient.
Interface motions	 UHMWPE UHMWPE CoCr	 CoCr
Max tangential (j.irn) 	 450	 310	 430	 300
Maxgap(p.m)	 220	 130	 210	 130
%<100pmgap	 93.42	 98.64	 94.10	 98.19
% <40 pm tangential 	 1.13	 13.38	 0.45	 10.88
The locations of the maximum and minimum tangential motions at the cup - bone
interface are displayed in the contour plots in Figures 5.7.27 and 5.7.28. The normal
or gap motions are displayed in Figure 5.7.29. These plots are for the CoCr cup with a
friction coefficient of 0.1, but the distribution patterns are representative of other
material and friction coefficient combinations. The total tangential motion reported in
Table 5.7.3 is simply the square root of the sum of the squares of the two orthogonal
slip magnitudes plotted in Figures 5.7.27 and 5.7.28. The maximum tangential motion
is in the infero-posterior quadrant of the acetabulum while the maximum normal
motion is in the infero-anterior quadrant of the acetabulum. Changing the implant-
bone interface friction coefficient has a much greater effect on both normal and
tangential micromotion than does implant material.
Figure 5.7.27 CoCr cup, low friction. Tangential relative motion at the contact surface (first slip




















Figure 5.7.28 CoCr cup, low friction. Tangential relative motion at the contact surface (second
slip direction). Green areas are static, red indicates largest motion.
Figure 5.7.29 CoCr cup, low friction. Contact gap magnitude. Red ii largest gap, blue indicates
intimate contact.
Table 5.7.4 Stress and strain results for fixation studies. % c <-0.010 and % c > 0.008 are the
percentages of integration points in penacetabular cancellous bone elements with strains outside
the -0.010 < < 0.008 limits. % at risk is the sum of these two values. Mises 75% is the upper
quartile value of von Mises stress in the periacetabular cancellous bone. j.t is the friction
coefficient. Peak a are the peak von Mises stresses reported by model component.
IJHMWPE UHMWPE CoCr	 CoCr
%c<-0.010	 17.4	 16.2	 17.6	 16.2
% c> 0.008	 7.3	 6.8	 7.2	 6.8
% at risk	 24.7	 23.0	 24.8	 23.0
Mises75%	 1.15	 1.09	 1.16	 1.09
Peaka / MPa	 _________ ________ ________ ________
Cortical	 48.4	 47.7	 48.4	 47.5
Cancellous	 16.7	 13.1	 16.6	 13.0
Subchondral	 7.9	 6.2	 7.9	 6.3
Acetabularcup	 7.9	 7.5	 11.9	 11.2
Peakcontacta/MPa	 3.7	 2.9	 4.7	 3.7
All four un-bonded scenarios analysed show larger percentages of compressive strains









percentages are lower in the de-bonded models with a higher friction coefficient.
There are smaller differences in percentages of tensile strains exceeding 0.008, but the
high friction de-bonded cups show the lowest of these, with very little difference
apparent due to implant material.
Peak von Mises stresses are similar to those found for load case 1 with fully bonded
interfaces except for those in the subchondral bone, where the stresses are higher in
the de-bonded cases.
The plot of the von Mises stress distribution in the subchondral bone under a CoCr
acetabular cup (Figure 5.7.3 0) is similar to that with an UHMWPE cup with the same
friction coefficient. There is an area of higher stress near the centre of the acetabulum
which is less marked in the plot of the fully bonded situation (Figure 5.7.16), but in
other respects the distributions are similar. The distribution patterns in the analyses
using a friction coefficient of 0.5 with both U1{MWPE and CoCr cups are similar,
although the stress magnitudes are lower.
Figure 5.7.30 CoCr cup, low friction. Von Mises stresses in subchondral bone.
5.8 Discussion
5.8.1 Bearing behaviour
The contact pressures, areas and gaps for a polyacetal on UHMWPE resurfacing are
not significantly different from those calculated for a CoCr on U1-IMWPE resurfacing.
Such differences as are apparent are not consistent over the five load cases
considered.
In contact analyses of conventional hip replacement Mantell et al. (1998) found
contact stresses of between 6.0 and 11.4 MPa depending upon clearance between
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articular surfaces, femoral head size and fixation conditions. Thus contact stresses in a
polyacetal on UHMWPE resurfacing are of a similar magnitude to those in
conventional THR.
Hodge et a!. (1989) recorded contact pressures in vivo with an instrumented hemi-
prosthesis of up to 18.0 MPa with peak values decreasing to 9.7 MPa three years
postoperatively. The conditions between the head of a hemi-arthroplasty and intact
acetabular cartilage may be closer to those in an intact hip than those between the
surfaces of a total implant. However these data indicate that the hip joint is able to
tolerate far higher pressures in the joint fluid than will be produced with any
resurfacing implant.
Jin et al. (1997) predicted contact half-widths of 3 - 4 mm for radial clearances
similar to those achieved in metal-on-metal resurfacing (50 - 100 rim). This implies
contact areas of less than a tenth of those found in polyacetal and CoCr on
UHMWPE.
The rim of the acetabular cup was significantly involved in the contact behaviour of
both CoCr and polyacetal on UHWMPE resurfacings. Any study of the tribology of
these resurfacing implants must take into account this reduction in contact area.
Special attention must be paid to the design of the rim of resurfacing acetabular
components.
5.8.2 Periacetabular cancetlous bone
The CoCr acetabular cup consistently showed slightly lower percentages of strains
outside the -0.010 to 0.008 range as well as lower von Mises stress levels in
cancellous bone close to the acetabulum. This result can be attributed to a shift in the
load transfer pattern, with a stiffer acetabular component more of the load is
transferred directly to cortical bone. Except in load case 5, there is little difference in
peak von Mises stresses between the models.
The implication of these results is that an acetabular cup made from CoCr will
migrate and loosen less rapidly than one made from UHMWPE. However the FE
model assumes that there is perfect bonding between the acetabular cups and the
subchondral bone at the acetabular rim allowing direct transfer of the load from the
cup to the cortical bone. In practice perfect bonding will not be achieved and so more
load will be transferred to cancellous bone from the acetabular cup. The four analyses
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performed to investigate the motions at the interfaces of completely de-bonded
acetabular cups showed that the percentages of cancellous bone strained outside the
-0.010 to 0.008 range and the levels of the von Mises stresses with a CoCr cup were
higher or equal than those with an UHMWPE cup. The higher levels of compressive
strain failure than in fully bonded analyses indicate that the load is transferred mainly
to cancellous bone.
If up to 25% of all cancellous bone volume were to fail on first loading of a
resurfacing implant, as is predicted by this model, then the implant would clearly not
be suitable for clinical use. However CoCr acetabular resurfacing components are in
clinical use and do not suffer catastrophic failure or even fast migration. Although
some resurfacing patients are placed on a restricted load bearing regime post-
operatively resisted muscle contraction exercises have been shown to produce as high
a joint contact pressure as early post-operative walking (Hodge et a!., 1989).
Therefore the model and the failure criteria used have overestimated the amount of
cancellous bone failure, this may be due to badly shaped elements.
Taylor et al. (1995) and New (1997) both used stress based criteria to predict the
failure of cancellous bone and hence the likely migration rate of an implant. However
both used ultimate stresses calculated from linear regression relationships between the
cancellous bone stiffness and strength. These are therefore effectively strain-based
criteria. The isotropic asymmetric failure strains found by Chang et a!. (2000)
supersede these earlier regression relations and allow a more accurate method of
determining bone failure. Keyak and Rossi (2000) compared nine stress and strain
based failure theories in their model of femoral fracture. All the failure criteria
predicted fracture loads that correlated significantly (p S 0.00 1) with experimentally
measured loads. However they found that strain based criteria were not the most
robust at predicting bulk fracture. They attributed this to the complex triaxial stress
state and the presence of cortical bone in their model in contrast with the simple
biaxial conditions in trabecular bone test specimens.
The patterns of von Mises stress distribution in the cancellous bone in the acetabular
region are similar to those found by Dalstra (1993) in a model of the pelvis implanted
with a conventional THR. Given that the majority of the reaction force load is
transferred to the cortical bone in both Dalstra's model and in the models presented
here this is not surprising.
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5.8.3 Peak von Mises stresses
The peak von Mises stresses in the rest of the model also did not differentiate the
CoCr on UHMWPE from the polyacetal on UHMWPE implant. However there were
differences in stress magnitudes and distributions between these two implants and the
CoCr acetabular cup implant. Peak stresses in cortical bone in the CoCr acetabular
cup model were higher than peak stresses in the other two models for all load cases
except the first for which they were equal. The stress distributions in the cortical bone
are similar to those found by Daistra (1993). The largest areas of peak stress in
Daistra's implanted model of the pelvis were on the lateral face in the region of the
sciatic notch, while in the present models the highest stresses were found near the
anterior inferor iliac spine. Daistra found higher stresses in the cortex of the pubis
bone than those reported in this study at all stages during the gait cycle. This is
probably due to the slightly different hip joint reaction force direction used, calculated
from the gait data of Stansfield (2000). The maximum stress predicted, 71.2 MPa, is
below reported values of cortical bone ultimate strength (section 2.1.4), but may
exceed fatigue strengths which are reported between 40 and 80 MPa at 1 7 cycles
(Currey, 1998). However bone responds to overload by remodelling to reduce stresses
and with approximately 106 cycles expected per year for a THR patient (Wallbridge
and Dowson, 1982) these fatigue strengths correspond to a 10-year fatigue life, giving
ample time for remodelling to occur.
The peak stresses in the cancellous bone of the whole model do not show any
consistent differences between implant material and surprisingly predict the highest
peak stress for the case with the smallest joint reaction force. However the stress
distributions in the cancellous bone under the acetabular subchondral bone were
visibly altered both by changes to the direction of the joint reaction force and in the
implant material. The patch of higher stresses in this bone followed the posterior to
anterior sweep of the joint reaction force. The effect of implant material has been
discussed in the previous section. The location of the peak stress was similar to that in
the implanted Daistra model. Unfortunately Dalstra did not report the magnitudes of
peak stresses in the cancellous bone in his model. The peak magnitudes found in the
current models (up to 20 MPa) are rather high and may be due to distorted elements.
The subchondral bone showed the most interesting changes in stress magnitude and
distribution between load cases and implant materials. The stress shielding effect of
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the CoCr acetabular component on the dome of the acetabulum is clear from the
comparison of contour plots. The substantially lower joint reaction forces in the later
stages of the gait cycle produce stress peaks of similar magnitude to those in the
earlier stages, but concentrated in a smaller area. This shows that these later stages of
gait are as important in the design of an implant as those at the joint reaction force
maxima.
The peak stresses in the layer of ingrowing bone between the acetabular cup and the
subchondral bone showed a pattern that was more obviously related to the magnitude
of the joint reaction force. The effect of the CoCr acetabular component was to
increase the stress concentrations in this bone, mainly at the acetabular rim, in the
later stages of the gait cycle.
Load case 3 produced some of the highest peak stresses found in the study. The
gluteus medius muscle force is at its peak in this load case. Although the joint force is
not at a maximum it produces the highest levels of tensile strain failure in the
periacetabular cancellous bone. The direction of the joint force in this load case is
near vertical. Latour and Brattain (2000) recently showed that the most severe test of a
femoral component's performance was in the later stages of gait rather than at the
moment of peak joint reaction force.
The material of the femoral component had an effect only on the peak stresses in the
component itself and in the underlying cancellous bone. The polyacetal component, as
expected, produced less stress shielding of this bone and reduced stress concentrations
at the rim where most of the load was transferred. The maximum stresses recorded in
the polyacetal femoral component was 15.5 MPa, while a fatigue limit for polyacetal
was 30 MPa measured at i07 cycles in water at 23°C and 30 Hz (Brydson, 1993). In
their study of a CoCr femoral resurfacing component, Watanabe et a!. (2000) found
stress shielding and stress concentrations of up to 170 MPa at the rim of the
component.
The results for the acetabular component did not show consistent differences in peak
stresses between different implant material combinations. This may be due to the lack
of smoothness of load transfer over the contact patch. The maximum stress of 13.2
MPa occurs on the bearing surface at the contact patches. The stresses here are high
due to the non-smooth contact surfaces, but 13.2 MPa is well within the static failure
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limit for UHMWPE. Some fatigue softening may occur (Krzypow and Rimnac,
2000), but the compressive stresses found at the surface are less damaging than tensile
stresses.
The distribution of stress on the rim of the acetabular cups did show differences
between implant material combinations. The CoCr cup showed stress concentrations
on the superior rim which neither of the UHMWPE cups displayed. This confirms that
the CoCr cup transferred most of the joint reaction force directly to cortical bone,
whereas the UHMWPE cups distributed the load more evenly producing higher
stresses and strains in the periacetabular cancellous bone. In vivo perfect implant-
cortex bonding is unlikely to occur, but it is likely that a stiff cup would load cortical
bone rather than periacetabular cancellous bone. However it is not clear whether
cortical based load transfer would be preferable to load transfer to the cancellous bone
in the long term. Stress shielding of the acetabular cancellous bone would result in its
gradual resorption which would complicate revision to cemented conventional THR.
5.8.4 Fixation assessment
The effect of bone-implant interface friction on both normal and tangential
micromotions is much larger than that of implant material. This suggests that until the
real friction coefficient at the interface is measured precisely models investigating
interface micromotions using FEA will not provide useful solutions. However it is
expected that rougher interfaces with higher friction coefficients will give rise to
lower stresses due to a greater portion of load being transferred across the interface by
shear. Spears et a!. (2000) used a friction coefficient of 0.5 in their model of
acetabular bone implant micromotions while New (1997) used a value of 0.25. Taylor
et a!. (1995) used femoral stem friction coefficients varying from 0 to 0.4 and found
no further reductions in cancellous bone stresses by increasing .t above 0.3.
While the study reported here only measured the micromotion that occurred between
an unloaded state and one loaded state, Spears et a!. (2000) investigated relative and
absolute motion throughout the gait cycle. They reported a combination of literature
values that suggested that ingrowth would occur at a particular point along the bone-
implant interface if:
i) there was less than 40 j.im relative tangential motion
ii) the bone-implant gap decreased to less than 100 j.Lm during the gait cycle
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iii)	 the bone-implant gap did not increase beyond 500 jtm at any point during the
gait cycle.
Using these criteria for the single case investigated here suggests that the tangential
motion will prevent ingrowth occurring in up to 90% of the interface area with high
friction and up to 99% with low friction. The criteria concerning maximum normal or
gap motion are far less strict for this single case, but may be more important for the
rest of the gait cycle.
Spears et al. (2000) predicted bony mgrowth only over a relatively small area of the
interface along the posterior rim of the acetabulum. This conflicts with the fmding in
this study that tangential micromotions are largest in the infero-posterior quadrant of
the interface. However this result again must be considered in the context of motion
over the whole gait cycle for proper comparison.
5.8.5 Limitations
The model presented here did not include an elastic-plastic model of bone failure. The
badly shaped elements in the model would have failed prematurely producing large
inaccuracies. Therefore this model does not simulate the change in load transfer that
would occur due to the failure of the over-strained elements. Hence these results also
underestimate the volume of cancellous bone at risk.
Many of the shortcomings of this analysis have been attributed to poor element shape.
The analysis could have been carried out with an FE model developed especially for
this purpose which would have provided more accurate and reproducible results.
However the development of an FE model of the pelvis is a lengthy and involved
process. Secondly comparisons with the published results of the model (Dalstra, 1993)
are beneficial.
While Dalstra validated the original FE model of the pelvis by mechanical testing of
the strain gauged cadaveric pelvis on which it was based (Dalstra, 1993), the model
implanted with a resurfacing replacement reported in this chapter has not been
validated by mechanical testing. Exact validation of the resurfacing model with the
original pelvis is impossible without access to the original specimen. However the
distributions and magnitudes of the stresses and strains found using the resurfacing
model are sufficiently similar to those reported by Daistra for the pelvis implanted
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with a conventional hip replacement that further validation is not considered essential,
although it would be beneficial and increase confidence in the model.
5.9 Conclusions
In comparison with the results of FE studies of conventional THR and the intact hip
joint the model presented performed well. The patterns of stress and strain distribution
in bone around the acetabular prosthesis and their magnitudes were similar to those
previously reported (Dalstra, 1993). The model suggests that the acetabular
component of the novel implant design presented in this thesis will perform less well,
migrating faster and requiring revision erlier than resurfacing implants in current
clinical use. However this prediction is based upon a model which hugely
overestimates cancellous bone failure in the implanted pelvis. Further, the stiffer CoCr
cup transfers load directly to the cortical bone at the superior acetabular rim, which
may lead to poor acetabular cancellous bone quality at subsequent revision
procedures. Further work is required to be able to accurately model the effect of over-
or under-load on the acetabulum.
The polyacetal femoral component reduced stress shielding and stress concentrations
on the bone of the femoral head and neck remnant and so would be expected to
migrate more slowly and have a better long-term outcome than a CoCr femoral
component
At the contact surfaces the stresses found were comparable with those in simulations
of conventional THR. Contact took place over a large area and was frequently
affected by the implant rim.
The most severe test for the performance of acetabular components appears to be not
at the moment of peak joint reaction force but shortly after mid-stance.
The micromotions between press-fitted acetabular components and bone were largest
in the infero-posterior quadrant of the acetabulum and would prevent bone ingrowth
from occurring over 90% of the interface. The tangential motions were more effective
than normal motions in preventing ingrowth. Therefore the use of fixation pegs or fms
preventing this motion is necessary for bone ingrowth fixation to be viable in this
prosthesis.
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6. Mechanical Testing of polyacetal
6.1 Introduction
While polyacetal is a well known engineering polymer and has been used previously
in orthopaedic implants, there is little data on the effect of long-term exposure to the
physiological environment on its mechanical properties. The aims of this study were
twofold: to characterise the static mechanical properties of polyacetal before and after
one and six months immersion in Ringer's solution and to use these properties to
differentiate between homo-polymer and co-polymer grades.
6.2 Materials
Five samples of polyacetal sheet extrusion were obtained and machined to standard
tensile testing specimens (Figure 6.2.1). The polyacetal samples obtained were: co-
polymer from BASF ("Ultraform" or "Pomalux"), homo- and co-polymers
("Ertacetal") from DSM and homo- ("Deirin") and co-polymers from Du Pont. None
of the polymer samples obtained 'was "medical grade". However the sample of BASF
co-polymer was identical to material supplied to Corin Medical for the manufacture of
orthopaedic instrument handles except for the more stringent lot control applied to the
medical material. All of the polymers were unpigmented and unfilled.
Flat dumb-bell specimens were machined from the polyacetal sheet with dimensions




65 mm	 ____ ] mm
tlUmm
Figure 6.2.1 Polymer mechanical test specimen (BS 2782:3, 1976).
6.3 Method
The test specimens were divided into three groups, the first to be tested immediately,
the second after one month's soaking in Ringer's solution and the third after six
months soaking. There were five specimens of each polymer grade per group.
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The specimens were soaked in half strength Ringer's solution at 3 7°C. The solution
was obtained by dissolving BDH Ringer's solution tablets in de-ionised water. Full
strength Ringer's solution typically has a composition of: 111 mMol NaC1, 1.9 mMol
KC1, 1.1 mMol CaC1 2, 2.4 mMol NaHCO3, 0.8 mMol NaH2PO4.
Static tensile testing was undertaken on an MTS Bionix 858 with a 25 kN axial load
cell. An environmental chamber which sprayed the specimens with physiological
saline at 37°C was used. Specimen strain was calculated from cross head
displacement using a geometric correction factor (Appendix A) as waterproof
extensometers were not available. The cross head speed was 1 mm s 1 and data were
recorded at 0.05 mm intervals. Manually operated immersible stainless steel specimen
grips were used. The action of tightening the grips placed the specimens under axial
compressive loads of up to 700 N.
The specimens were weighed before and after soaking. Young's moduli were
calculated from data over the first 0.8 mm displacement. Nominal stress and strain
were recorded at failure. Considere's criterion (appendix B) was used to calculate the
true stress (load / instantaneous cross sectional area) at which necking of the specimen
began and this stress was compared with the maximum true stress to assess plastic
instability. The significance of changes to properties following immersion in Ringer's
solution was tested using two tailed t-tests assuming unequal variances.
6.4 Results
All the specimens fractured and the fracture surfaces were perpendicular to the axis of
loading. The fracture surfaces were rough and the regions around the fracture were
more opaque than the rest of the material.
A typical group of stress strain curves is shown in Figure 6.4.1. The shape of the
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Figure 6.4.2 Ultimate tensile strength of polyacetal as received and after 1 and 6 months
immersion in Ringer's solution. Significant differences with the as received group are indicated *
p <0.05 and ** p <0.01. Error bars show one standard deviation.
The ultimate tensile strengths of all polymer grades were slightly decreased by
immersion in Ringer's solution (Figure 6.4.2). In five cases the decrease after
immersion for one or six months was statistically significant with p < 0.05 including
two with p < 0.01. However the decreases are so small that in practice they may be
neglected. There were no significant differences between tensile strengths after one
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and after six months immersion. The homo-polymer grades showed the highest














Figure 6.4.3 Young's modulus of polyacetal as received and after 1 and 6 months immersion in
Ringer's solution. Significant differences with the as received group are mdicated * p <0.05 and
** p <0.01. Error bars show one standard deviation.
The Young's modulus decreased significantly (p < 0.01) by between 9 and 20 % in all
polymer grades after immersion in Ringer's solution (Figure 6.4.3). The homo-
polymers showed the highest stiffnesses before and after immersion, but the DuPont
homo-polymer showed the largest percentage decrease (19.5 %). The BASF co-
polymer showed the smallest reduction in stiffness. There were small, but significant
(p <0.05), increases in stiffness between one month and six months' immersion for
















Figure 6.4.4 Percent elongation of polyacetal as receiwd and after 1 and 6 months immersion in
Ringer's solution. Significant differences with the as received group are indicated * p <0.05 and** p <0.01. Error bars show one standard deviation.
The DSM homo-polymer showed very large (up to 56%) elongation at failure (Figure
6.4.4). There were significant increases in elongation in the two DuPont polymers (p
< 0.05) after one month's immersion, but the same grades showed no significant
changes after six months' immersion. There were no significant changes in elongation
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Pr
Figure 6.4.5 True stress for onset of plastic instability (Considère's criterion) of polyacetal as
received and after 1 and 6 months immersion in Ringer's solution. Significant differences with
the as received group are indicated * p < 0.05 and ** p <0.01. Error bars show one standard
deviation.
The homo-polymers showed the highest true stresses for onset of plastic instability
(Figure 6.4.5). There were small, but significant, reductions after one month's
immersion in the DuPont homo- and co-polymers (p <0.05) and in the DSM co-
polymer (p <0.01) and after six months' in the DuPont homo-polymer and the DSM
co-polymer (p <0.01). There was a significant (p < 0.05) increase in the Considère
stress in the DSM hompolymer between one and six months' immersion. All other
grades showed slight reductions. Comparing the Considère stress with the maximum
true stress showed greatest plastic instability in the DSM polymers, but all polymers
demonstrated some instability before fracture. The plastic instability in the DuPont
co-polymer increased from as received to one and six months' immersion.
The water uptake measurements are presented in Table 6.4.1. The water content
increased significantly between one and six months in the DuPont co-polymer only.
There were no correlations between water uptake and the changes in any of the
measured mechanical properties. The homo-polymer specimens showed significantly
greater water uptake than the co-polymer specimens at one and six months (p < 0.01).
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Table 6.4.1 Water uptake (mean ± SD) following one and six months' soak in Ringer's solution.
indicates significant difference p < 0.05.
6.5 Discussion
The mechanical properties of the as received polymer tested at 37°C in saline are not
markedly lower than those reported for tests at 23°C in air (section 2.6.3). As
expected the co-polymers have lower stiffnesses and strengths than the homo-
polymers. The variability of the percentage elongation at failure is characteristic of a
semi-crystalline polymer which fails in a brittle rather than ductile mode. The rough
fracture surfaces confirm this behaviour. The increased opacity around the fracture
surfaces is evidence of strain-induced crystallisation.
The water absorbed into the polyacetal may be expected to have two separate effects
on its mechanical properties. The first effect is as fast as the diffusion of the water into
the polymer. The diffusion coefficient of water in polyacetal, measured in a
preliminary experiment, was found to be approximately D = 8 x 10.12 m2s'. For a
specimen of thickness 6.5 mm this gives a characteristic time of (3.25 mm)27D = 15
days. Therefore water uptake by diffusion will be at equilibrium in specimens
immersed for one month. The water molecules in the amorphous regions within the
polymer will acts a plasticisers, increasing the free volume per polymer molecule and
leading to a reduction in stiffliess. The uptake of water appears to produce significant,
but small, immediate reductions in the strength of some of the polymers. The reduced
stifThesses produce a larger strain at the same stress.
The second effect expected following water uptake is the degradation of the polymer
by the water itself and by solutes in the water. These processes produced no
significant reductions in mechanical properties between one arid six months.
However, there were significant increases in the stifThess of three polymers and a
significant increase in the Considère stress for another polymer. The increase in
stiffness may be due to a secondary process of crystallisation facilitated by the
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increase in free volume per molecule. The increase in stress for plastic instability is
interesting and may benefit from further investigation.
The differences observed between polymer grades in the reduction of stiffness
following immersion may be due to differences in crystallinity. A polymer with more
amorphous material will show a greater effect of water uptake on stiffness. However
the polymer with the highest stiffness (DuPont homo-polymer), which might be
expected to have the highest crystallinity, also shows the largest percentage reduction
in stiffness. The effect of water uptake on stiffness is confounded by the presence of
different additives (e.g. plasticisers) in the polymer, which may themselves be water
soluble.
6.6 Conclusions
The lack of significant reductions in the mechanical properties between one and six
months after immersion in Ringer's solution demonstrates that polyacetal may be used
in the physiological environment. The small differences between properties measured
at 37°C in physiological saline and those reported at 23°C in air also encourage the
use of the polymer.
The stiffness of all polyacetals is significantly decreased following immersion due to
the plasticising action of the absorbed water. Effects other than those due to the
increase in free volume per molecule appear to produce increases in stiffness and
Considère stress in some polyacetals.
The mechanical tests showed that homo-polymers had higher stiffnesses and strengths
than the co-polymers. The lack of significant differences between one and six months'
immersion prevents differentiation between polymer grades on the basis of their lack
of degradation in the physiological environment. On the basis of high strength,
stiffness and strain to failure the DSM homo-polymer appears to be the most suitable
grade for the resurfacing application.
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7. Design Proposal
The preceding chapters form a basis from which to make a series of design choices.
This chapter draws these studies and three years' experience of work in biomechanics
together in a discussion of resurfacing design. The proposed design is presented and
the reasons for particular choices discussed. These reasons go beyond the immediate
function of the implant to encompass ease of implantation and design for
manufacture.
This chapter is divided into seven sections. In the first the principles that have guided
the design process are stated and discussed. The next section gives a physical
description of the proposed implant in its simplest form. The functional implications
of these physical characteristics are discussed in the next section, under the
subheadings used previously in the review of literature on THR (load bearing, load
distribution, range of motion). Section 7.4 discusses aspects of the fixation of the
design and section 7.5 briefly reviews the choice of materials. The fmal two sections
consider the design in the context of its use by surgeons in an operating theatre
environment and in clinical follow-up, and in the context of its production and
manufacture.
7.1 Design principles
The fundamental principle of the design is the conservation of bone. Acetabular bone
is in shorter supply and so must be conserved at the cost of femoral bone. It is this
principle which informs the first section on physical shape.
A second principle is to maximise the theoretical Range of Motion (ROM). The
theoretical ROM is defined by the subtended angle of the prosthetic or natural
acetabulum and the femoral neck to head ratio:
ROM = 2*cos (neck/head) + 180 0 - subtended angle
This is the limit of motion before the femoral neck impinges upon the acetabular rim.
Impingement is a cause of resurfacing and conventional TFIR failure (Freeman and
Bradley, 1983; Wiadrowski et a!., 1991). Impingement also occurs in slightly
dysplastic intact hips, causing pain and possibly osteoathrosis (Reynolds er a!., 1999).
Therefore in all patients the theoretical ROM must be larger than the ROM required in
every day use. Due to dependence of the actual ROM on relative orientation of
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implant components, the theoretical ROM may have to be larger than the required
ROM to allow a margin of error in implant insertion. The required ROM for the
younger, more active patients for whom this implant is intended will be larger than
that for older patients.
It is important to note that ROM relates directly only to femoral neck motion. It is
smaller than angles measured for leg flexion-extension,, abduction-adduction and
internal-external rotation because these motions involve a substantial component of
rotation about the femoral neck axis.
The fmal principle stems from the experience of the surgeons implanting early
resurfacing prostheses. The neck cortex must not be damaged; fracture of the femoral




The femoral component will consist of a truncated sphere of polyacetal with a
tapered, chamfered concentric cylinder cut into its plane surface (Figure 7.2.1). The
ratio of the diameter of this cylinder to the spherical surface diameter is an important
design parameter. This ratio and the subtended angle of the acetabular component
determine the ROM of the implant.
Figure 7.2.1 Basic shape of the femoral component
AmStUtZ et a!. (1975) measured the neck-head ratios of various THRs and found a
range of values from 0.33 (Trapezoidal 28) to 0.57 (Charnley). Data from Sugano
(2000) give neck-head ratios for 32 dry cadaveric femora with a range of 0.60 - 0.75,
a mean of 0.69 and 0.04 standard deviation. Replacement and intact hip neck-head
ratios have different implications for ROM however, because THR acetabular cups,
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with some exceptions, have subtended angles of 180°, unlike intact acetabula. The
ROM must not be reduced significantly by the operation, nor the implant components
impinge on bone. Bone removal from the neck cortices must not occur, so the neck
width has to be maintained. Therefore the bearing surface diameter may not be
significantly smaller than the original femoral head diameter in order to maintain a
constant neck-head diameter ratio.
In addition to this constraint on the diameter of the spherical surface, there is also a
constraint upon the internal diameter of the femoral implant. At the mouth of the
implant this must exceed the largest dimension of the femoral neck in the plane
perpendicular to its axis.
The angle of the taper and of the chamfer on the internal cylindrical surface may have
implications for the pressurisation of bone cement. The depth of the component at its
pole is also negotiable. The range of bearing surface diameters should be capable of
accommodating 38 - 54 mm diameter femoral heads (Sugano et a!., 1999). Figure
7.2.2 shows a 48 mm diameter femoral component.
Figure 7.2.2 Femoral component drawing (dimensions in mm).
7.2.2 Acetabular component
The acetabular component will consist of an UIfflvIWPE cup defmed by portions of
two concentric spherical surfaces. The internal surface will subtend an angle less than
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1800 . The precise value of subtended angle may be varied according to direction and
may be modified by the surgeon intra-operatively with the use of trinimable
components. The angle subtended by the basic shape presented here is 1600 (section
4.4).
To maximise the thickness of a bone conserving acetabular replacement the bearing
surface diameter must not exceed that of the original femoral head. The bearing
surface diameter is already constrained, by consideration of the femoral component, to
be at least that of the original femoral head.
The lower limit of thickness of the acetabular component is determined by the
compliance of the cup as a whole. The thinner and more compliant a cup, the larger
the tensile stresses set up at the bone - implant interface (Morscher, 1992; Dalstra,
1993). Large tensile stresses make fixation by bone ingrowth less likely and are likely
to cause cement failure depending on the method of fixation. Past experience of
UI-IMWPE resurfacing acetabular components suggests that 6 mm thickness will
provide sufficient stiffness to avoid this problem. FE analysis (section 5.7) showed
that if tangential motion at the bone-implant interface were restricted the motions
normal to the interface of a press-fit 6 mm thick UHMWPE acetabular cup would not
prevent ingrowth. Thicker components risk removing more acetabular bone than is
necessary. Dalstra (1993) and New (1997) both showed the radical effects of removal
of the subchondral bone plate on the load transfer in the pelvis. Figures 7.2.3 and
7.2.4 show the proposed 48 mm internal diameter acetabular component.





Figure 7.2.4 Acetabular component drawing (dimensions in mm).
7.3 Function
7.3.1 Load bearing
The stresses set up within these implant components during normal use are well
within the range of static and fatigue limits of the materials (sections 2.6 and 5.7). The
stresses in the acetabular cup are no higher than those reported in conventional
acetabular cups (Daistra, 1993; Mantel! eta!., 1998).
One important issue not investigated in this thesis is the role of bone cement (PMMA)
underneath the femoral component of resurfacing. Designs in current use allow
clearance of less than 1 mm between the reshaped femoral head and neck and the
femoral component. The cement penetrates into the trabecular bone several
millimetres forming a cement-bone construct (McMinn, 2000). As stated previously
(section 2.5.6) there are correlations between cement thickness around TI-JR
acetabu!ar components (Joshi et al., 1998) and implant loosening due to cement
failure. While the bone in the acetabulum may not provide such an extensive area of
porous surface for cement interdigitation the mechanical environment (predominantly
compressive stress) is similar. The mechanical behaviour of this "cement-bone"
construct should be characterised more fully.
7.3.2 Load distribution
The elastic mismatch at the implant-bone interface is minimised by the use of
materials with moduli closer to those of bone. The shape of the interface is also
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important in determining the way load is transferred to the bone. Although the joint
force is applied normal to the implant surface and articulating surface frictional forces
are negligible (section 2.5.6) shearing and tensile stresses develop at the bone-implant
interface. Cement fixation is vulnerable to tensile forces and bone ingrowth fixation is
prevented by large tangential motions (section 5.8). Therefore both femoral and
acetabular components must present fixation surface features that resist these forces.
The femoral components of both BHR and Cormet 2000 resurfacing prostheses have
stems that project down the femoral neck several centimetres beyond the end of the
spherical surface. Revision of the femoral component of these resurfacings has been
undertaken subsequent to X-ray findings of implant stem fracture (Krikler, 2000). A
simple bending moment calculation shows the potential for this fracture:
BMmax = I0w'depth.
where BM is the maximum bending moment, c is the yield stress and Ij is the
second moment of area of the stem section (irr4/4). With a stem diameter of 8 mm and
a yield stress of 240 MPa for CoCr this gives BM m = 12 Nm. In the worst case with
only the distal end of the stem providing support this represents a maximum
perpendicular load of 170 N (stem 70mm long). The fatigue limit for CoCr is lower
than the yield stress and hip joint loads of up to 2000 N (3xBW) are encountered in
every gait cycle. While this loading is not perpendicular to the stem axis, it need only
be 6° off-axis for the perpendicular component to exceed 200 N. Holographic
interferometiy used to study the surface strains in a femur implanted with a McMinn
surface replacement showed stress concentrations in the cortical bone near the end of
the stem (Shelton, 1999). Three dimensional FEA of the proximal femur implanted
with an prosthesis resembling the BHR found stress concentrations at the stem tip
(Watanabe et a!., 2000). However the stem does have a role in preventing the
component from rotating and sliding on the femoral head remnant and also in
positioning the component correctly during surgery. Therefore a reduced length stem
has been included in the design.
The conclusion of the FE study (section 5.9) that the CoCr acetabular cup is likely to
show lower migration than an U}IMWPE cup appears to contradict the suggestion
that implant materials with lower elastic mismatch to bone will perform better. The
stiffer Co-Cr acetabular cup seems to be capable of transferring more load directly to
172
cortical bone regardless of the fixation conditions. However, load transfer to
acetabular cancellous bone may be beneficial in retaining suitable quality bone for
cemented revision. Further investigation into the complex interaction between
acetabular bone and implant deformation is required.
7.3.3 Motion
The tribology and wear of polyacetal is not well characterised and only one paper
exists recording its behaviour against UHMWPE. McKellop et a!. (1993) used
polyacetal - UHWMPE clearances of 0.51 - 0.66 mm with bearing diameters of 41.0
mm. They measured UHMWPE wear rates of 61 mm3 per million cycles against
polyacetal and 98 mm3 per million cycles against CoCr. The polyacetal itself wore at
a rate of 19 mm3 per million cycles. Conventional THR produces approximately 30
mm3 wear debris per million cycles in hip simulator tests (McKellop et aL, 1999) and
in vivo wear volumes may exceed 130 mm 3 per year with large diameter femoral
heads (Hall et aL, 1998). The resurfacing has a longer wear distance over which wear
may occur.
The wear patches on the UHMWPE component against polyacetal and CoCr appeared
similarly smooth under SEM examination indicating similar wear processes
(McKellop et a!., 1993). While the mean frictional torque recorded for the polyacetal
on UHMWPE bearings was lower than that for the CoCr on UHMWPE bearings, the
temperature of the serum bath around the former rose to 50°C and the around the
latter to 44°C. This temperature rise gives some cause for concern since heat
generation at prosthetic joints has been suggested as a cause of implant loosening
(Bergmann eta!., 2000). A temperature of 45°C is sufficient to kill bone tissue. While
polyacetal has a much lower thermal conductivity than Co-Cr of which the
conventional THR instrumented by Bergmann et aL was made, the bone in a
resurfacing is much nearer to the articulating surfaces where the heat is generated and
so may be at greater risk.
The FEA study of resurfacing (chapter 5) found that the rim of the acetabular
component is significantly involved in the contact behaviour of the implant. This
suggests that further simulation or experimental work should be carried out to
determine the shape of edge that optimises the lubrication conditions in the bearing.
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7.4 Fixation
The polyacetal on UHMWPE implant will use the hybrid fixation favoured by
McMinn et al. (1996). The UHMWPE acetabular cup may be coated with a thin layer
of HA, or a thin layer of HAPEX may be incorporated onto its fixation surface.
Compression moulding has produced a good junction between PE and HAPEXThI
(Tanner, 2001).
The FE study of press-fit acetabular components showed that fixation by bony
ingrowth would be prevented by excessi'e tangential motion at the implant-bone
interface. This motion was highest in the infero-posterior quadrant of the acetabulum.
Therefore an initial press-fit must be supplemented if bone ingrowth fixation is to be
achieved. The areas where such additional fixation should be applied are not only
determined by the location of the largest motions to be resisted, but also by the quality
and quantity of bone available. In the inferior part of the acetabulum the bone on the
anterior and posterior horns of the lunate surface is suitable, with the ischium or pubis
providing sufficient depth of bone for a secure anchorage. The supplementary fixation
may take the form of pegs or fins. One implant that opted for pegs was the acetabular
cup of the RM Isoelastic Hip Prosthesis. These pegs were anchored in the superior
part of the acetabulum. The holes for the pegs were drilled at a slightly larger angle to
the bone surface than the pegs themselves. This placed a small pre-stress on the pegs,
pulling the implant into the socket. The RM Isoelastic cementless acetabular cup is
coated with a layer of HA. At six year follow-up the rate of acetabular loosening
reported by Olivier et al. (1998) was 3.5%.
The femoral component of the proposed design will be fixed with PMMA bone
cement. The internal surface of the femoral component will be grooved and textured
to provide a mechanical interlock for the bone cement.
7.5 Materials
The femoral component will be made from polyacetal, also known as
Polyoxymethylene (POM). In the mechanical tests reported in chapter 6 the homo-
polymers were stiffest and strongest and the DSM homo-polymer showed outstanding
elongation at failure which was unaffected by long-term immersion in Ringer's
solution. Although its properties are inferior the BASF co-polymer is already in
routine use in operating theatres so lot controlled material for medical applications is
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available. However, while mechanical properties provide a guide, there has been no
investigation into the comparative wear resistance of these grades.
The results of McKellop et a!. (1993) and the FE study in chapter 5 suggest that the
wear mechanisms of polyacetal on UHMWPE will be similar to those of CoCr on
UHMWPE. Lewis (2001) recently surveyed the properties of cross-linked UHMWPE
(XLPE) and the clinical outcome of acetabular cups made from this material. The
wear rates of XLPE in hip simulator trials are reduced to as low as 0.12 mm 3 per
million cycles with high (28 Mrad) gamma radiation doses (McKellop et a!., 1999).
Chemical cross-linking can achieve similar reductions in wear rate without the
deleterious effects on the ultimate and fracture properties of the material of exposure
to radiation. Clinical reports of XLPE are encouraging (Wroblewski eta!., 1999).
The fixation surface of the acetabular cup may be coated with HA or a layer of
HAPEX. HAPEX has a fully reversed axial fatigue limit of 4.4 MPa at 1 million
cycles in physiological conditions (Ton That et al., 2000a & b). While the peak
stresses predicted by the FE model of the acetabular component are larger than this
they will be mainly compressive in the fixation surface providing a less favourable
regime for crack propagation. Ton That (2000) showed that compression-only fully-
reversed torsion fatigue did not cause failure after 1.5 x 1 6 cycles.
7.6 Design for clinical use
The outcome of hip replacement is strongly affected by decisions made and actions
taken by the surgeon at the initial operation. However good the science and theoretical
work supporting an orthopaedic implant its clinical success depends upon the ability
of the implanting surgeon to use it to make a good reconstruction of the hip joint.
A finding of the review of resurfacing outcomes (section 3.5) was that the most
successful resurfacings were available in a large number of sizes. Clearly in the
restricted space available for a resurfacing implant, the correct size of components is
more important than for conventional THR. However one problem with providing a
range of implant sizes is that even with careful pre-operative planning surgeons will
require a choice of several component sizes for every operation. This entails
sophisticated management of stocks of expensive implants (all with limited shelf
lives) at a hospital and in practice hospitals will opt for implants with as few sizes as
possible.
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The proportions of the dimensions in the implant proposed here are based upon mean
values of head-to-neck ratios. Any one component size is able to accommodate
variations by up to one standard deviation from the mean ratio. This means that the
femoral component bearing surface-to-neck opening ratio is larger than the ratio
measured by Sugano (2000). The angle subtended by the femoral bearing surface is
therefore smaller than that subtended by an intact femoral head with a mean head-to-
neck ratio.
One aim of conventional THR is the restoration of function of the hip joint.
Unfavourable biomechanics caused by developmental dysplasia often underlie joint
disease and secondly destruction of the normal shape of the joint is a feature of many
disease processes. Therefore the restoration of function requires the reconstruction of
the joint, placing the bones and centre of rotation in the optimal relative positions.
Contracted muscles may be released, but adequate muscle tension must be provided
across the joint to prevent dislocation. The contralateral hip can sometimes provide a
guide to the geometry of an optimal reconstruction. However the potential for altering
the relative positions of the femur and the acetabulum is much lower in resurfacing
than in THR. Therefore the indications for resurfacing must include relatively normal
shapes of the hip joint.
The instrumentation must enable accurate and repeatable bone cuts to be made. The
orientation of the femoral component on the femoral neck was reported to be highly
important in early resurfacing designs, although there was no consensus on the
optimum position. The currently used metal-on-metal resurfacings all employ
sophisticated instrumentation to align and position components on the bone.
Both components of a polyacetal on U}{MWPE resurfacing will be radiolucent. To
enable accurate measurements of component migration both components need to be
fitted with radiographic markers.
One of the potential advantages of resurfacing is the ease with which a loose
resurfacing may be converted to a conventional THR. Both components of the all-
polymer resurfacing, even if well fixed by bone ingrowth, will always be susceptible
to being cut, drilled or otherwise removed. The removal of well-fixed CoCr acetabular
components can be very destructive of bone and so their manufacturers produce large
diameter modular heads for stemmed revision of femoral resurfacing components.
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The sterilisation of a polyacetal component may be problematic. Polyacetal is
degraded quickly when exposed to gamma radiation (Skiens and Williams, 1983) and
doses high enough for sterilisation will cause deterioration of mechanical properties.
The instrument handles made from polyacetal in current use are sterilised by
autoclave. However this may not be suitable for high tolerance components which
may suffer dimensional change. The polyacetal femoral components in the Freeman
all polymer knee were sterilised with ethylene oxide (Moore et a!., 1998), but
concerns exist about the possible carcinogenic effects of the residue.
7.7 Manufacturability and commercialisation
Polyacetal components can be formed using injection moulding. The large initial costs
involved in setting up injection moulding machines and preparing dies make this a
practicable option only if large volumes of each component size are to be produced
(Pickard, 2000). One benefit of injection moulding is the lower surface roughness
achieved on the finished components.
However, the proposed implant is still experimental and the time until full-scale
introduction onto the market may be as long as ten years. Therefore despite the
wastage of offcut material the cheaper option is to machine components directly from
bar stock. This is also the only option for the production of prototype components.
There are two major patents granted in the field of resurfacing prostheses. The first
(Swanson and Freeman, 1975) claims an "endoprosthetic hip joint device". This is a
metal-on-polymer double cup hip replacement with concentric spherical surfaces and
the patent covers similar devices made from different materials. The second patent
(Clarke and Amstutz, 1978) claims a method for replacing the hip using a
conservative surface replacement. Clarke and Amstutz also claim their resurfacing
prosthesis (THARIES) which has eccentric spherical surfaces.
These two patents limit the protection that can be obtained for a new design of
resurfacing and make it less viable for commercialisation.
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8. Conclusions
The concept of resurfacing has been thoroughly investigated and discussed. A
literature review of resurfacing showed that past attempts at the operation failed to
produce clinical results equal to those of conventional hip replacement and drew
attention to the problem of conservation of acetabular bone. However, early results of
the most recent generation of metal-on-metal resurfacings are encouraging.
A survey of the morphology of the acetabulum demonstrated that the bony surface,
while approximately spherical, had mean subtended angles of approximately 1600.
This survey also showed large variability in acetabular shape which a conservative
acetabular component would need to accommodate.
FEA of the resurfacing concept showed that the all-polymer design reduced stress
shielding and concentrations on the femoral head and transferred more load to the
acetabular cancellous bone than a metal-on-metal implant. The increased loading of
the acetabular cancellous bone may lead to increased migration but the corresponding
stress shielding found with the metal-on-metal implant may present problems at
revision. The use of bone-ingrowth fixation was not ruled out by the FEA study of
micromotion at the implant bone interface as long as the design provided adequate
resistance to tangential motion.
Mechanical testing of polyacetal following immersion in Ringer's solution showed
that it was not subject to degradation and that its properties were adequate for use in
the proposed implant.
Other reservations raised about a polyacetal on UHMWPE resurfacing include the
generation of heat at the bearing surface and the problem of sterilising a polyacetal
femoral component. Further the production of polymer wear debris which is
suggested to be one of the major causes of hip implant loosening may be increased by
the use of large diameter polymer bearings. The lack of possible intellectual property
protection reduces the attraction of the idea for commercialisation.
In conclusion the concept of an all-polymer resurfacing is an interesting one and has
provoked some useful research into the engineering of hip replacement. However this
research has not shown that an all-polymer resurfacing is likely to perform any better
than other currently available resurfacings or conventional THRs and several




The polyacetal on UHMWPE hip prosthesis bearing concept discussed in chapter 7 is
reported to have a lower volumetric wear rate than a similar hip prosthesis bearing
using Co-Cr on UHMWPE (McKellop et a!., 1993). This difference was found using
a multi-station hip wear simulator with soak controls. There are several reasons for
needing to replicate this result. McKellop reports "erratic" wear of polyacetal. Even
after subtraction of the soak control difference some measurements recorded a net
weight gain of the polyacetal component. The temperature and speed of the tests was
variable: at first the machine was run at 68 rpm, but this resulted in a serum bath
temperature of up to 50°C and discoloration of the polyacetal so the speed was
reduced to 45 rpm for the remainder of the test. The acetabular components were
mounted below the femoral components in the inverted position which produces
lower wear rates than components mounted in the physiological position with the
femoral component uppermost. The tests were only continued to one million cycles
with measuring intervals of 200,000 cycles. Finally the UHMWPE acetabular
components were sterilised in air with gamma radiation, a technique which has been
shown to result in higher wear rates (Lewis, 1997).
Therefore wear tests are planned on an MTS 8 station hip wear simulator to compare a
48 mm diameter polyacetal on UHMWPE with a 48 mm Co-Cr on UHMWPE bearing
couple. The UHMWPE will be processed and sterilised according to current best
practice implant protocols. The components will be mounted in the physiological
configuration. Of the eight wear test stations, four will contain Co-Cr and UHMWPE
pairings and four will contain polyacetal and UHMWPE pairings. One polyacetal and
one Co-Cr station will not articulate to provide loaded soak controls.
The wear tests will require the design of specific wear testing prototype implants and
fixtures to hold the prototypes in the wear testing machine. The components need to
be stiff to maintain the alignment of the bearing surfaces with the axes of loading and
rotation of the machine otherwise non-physiological wear patterns will be produced.
The test components reported by McKellop et aL (1993) may not have been
sufficiently stiff. The solutions to the prototype design problem will also depend upon
manufacturing methods and will involve collaboration with Corin Medical. The
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fixtures on the MTS machine at QMW for conventional hip replacements were
designed and built here, so a modified design will be simple to produce.
The water uptake of polyacetal may be a problem. The soak controls in gravimetric
wear rate measurements allow compensation for water uptake. However the
equilibrium water uptake of the polyacetal specimens used in the study reported in
chapter 6 was 0.67 - 0.78 wt% and the standard deviations in those results were 0.02
- 0.06 wt%, with a sample size of five. A variability of 0.06 wt% in water uptake
between the material in soak and wear test components of approximate mass given by
4/3itr3p (where r = 24 mm, p = 1.4 Mgm 3) = 81 g would result in an uncertainty of
0.049 g. The polyacetal wear rate reported by McKellop eta!. (1993) of 18.8 mm3 per
million cycles is equivalent to 0.026 g per million cycles. This comparison suggests
that water uptake variability was the cause of the negative wear rates measured by
McKellop. Wear testing must be continued well beyond one million cycles for the
change in mass due to wear to be distinguished from water uptake variability. Also
metal-on-PE wear studies show two distinct wear rates, the first up to 1 million cycles
and the second thereafter, so wear tests should be performed for a minimum of 2 or 3
million cycles. In addition further investigation of the variability of the water uptake
characteristics of the chose polyacetal with larger sample sizes should be undertaken
before wear tests are carried out.
9.2 Biological Reaction to Wear Debris
The reports by Mathiesen et al. (1983; 1986) of the clinical outcomes of the
Christiansen prosthesis have prejudiced the orthopaedic world against polyacetal.
Before any implant made of the polymer could be commercialised the effects of
polyacetal wear debris, upon which the Christiansen failures were blamed, would
have to be quantified and shown to be no more damaging than U}{MWPE debris.
Systems for quantif'ing the relative bio-reactivity of wear debris from different 1'HR
bearing material combinations have been reported (Ingham and Fisher, 2000). Wear
debris from hip simulator studies of the polyacetal on UHMWPE and CoCr on
U1-IMWPE would be collected and used to challenge cells. The cells' production of
inflammatory cytokines and other inflammatory markers would then be used to
determine the particles relative bio-reactivity.
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9.3 FEA of the Femoral Component and Mechanical Validation
Although there are published FEA studies of femoral resurfacing components (Strens,
1986; Fybrie eta!., 1988; Watanabe eta!., 2000) only the most recent of these is three
dimensional. Watanabe et al. applied joint reaction force and muscle loading
consistent with three instants close to the peak reaction force loading during the gait
cycle to their model. While their results provide a useful guide to the positions of the
peak stresses and strains in sections across the femoral neck their model fails to take
into account the high variability in cancellous bone density in the proximal femur.
Also recent work (Latour and Brattain, 2000) shows that the proximal femur
experiences significantly higher strains during toe-off and heel strike than at mid-
stance.
FEA of the femoral component of resurfacing would develop a model using the
standardised femur (Viceconti et al., 1996) to allow proper comparison with other
studies and validation with an identical polymeric femur. Muscle loading and joint
reaction forces would be applied to simulate instants throughout the gait cycle from
heel strike to toe-off.
The mechanical testing of a prototype implant is an important step in satisf'ing the
guidelines for novel medical devices laid down by the Medical Devices Agency
(MDA) in the UK and the Food and Drug Administration (FDA) in the USA. FEA
studies alone are not acceptable and experimental validation is required.
In order to validate the implanted hemi-pelvis and femur FEA models, prototype
components could be implanted in polymeric model hemi-pelves and femora and then
loaded using similar schemes to those applied in the FEA study. Strain gauges, linear
displacement transducers or holographic laser interferometry may be used to measure
the effect of the implant upon bone loading. In addition, fatigue tests, similar to the
THR femoral stem bending test, may be required, although this test is not yet part of
any standards system.
9.4 Contact Behaviour of Polyacetal on UHMWPE Bearings
The tribological behaviour of polyacetal on UI{IvIWPE bearings is not reported. Jin er
a!. (1999) reported the effect of the clearance gap upon contact area and stress in
metal on UHWMPE bearings using a simple axisymmetric FEA model of contacting
spherical surfaces. A similar model along with data on the achievable surface
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roughness of the polymer implant components could be used to predict the lubrication
regime which would operate in a polyacetal on UHMWPE hip resurfacing.
9.5 Clinical Trials
Before a novel implant can achieve widespread application its performance must be
studied in a limited number of patients. Also, in order to obtain CE marking, which is
essential for the marketing of a medical device within the EC, the implant must be
subject to a clinical investigation (Yamac et a!., 1999). The aim of a clinical trial
would be to prove that the novel implant was safe and that its performance was better
than or no worse than other currently available implants.
The first objective, of showing an implant's safety and basic efficacy, may be carried
out with a small series of patients at a specialist hospital, probably by the team
involved in its invention. However, the task of showing that the implant's
performance is as good or better than another requires a larger, multi-centre trial in
which the inventors and others with an interest in the implant's success are not
directly involved. Orthopaedic clinical trials fall below the high standards of proof
found in clinical trials for drugs where prospective, randomised, double-blind trials
are required. This is due to practical difficulties, including the fact that an operating
surgeon cannot be "blinded".
Standard hip scores would be used to assess the function and the relief of pain of
patients with the new implant. In addition Radio Stereometric Analysis (RSA) would
be used to follow the migration of both components. In conjunction with survivorship
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Appendix A: MATLAB Sphere Fitting Routine
Adapted from Gander eta!. (1994).
function [z, r, max, aye, sdev) = sphere (X, z, r);
%sphere Geometric sphere fit
9-0
% [z,r] = sphere (X, z, r);
% fits the best sphere by nonlinear least squares
% for true geometric distance
0
0
% X: given points <X(i,l), X(i,2), X(i,3)>
% z, r: starting values for sphere solution
0
0
% z, r: parameters for sphere found
u = [z (1), z (2), z (3), r] ';	 %starting values
h = U;
while norm(h)>norm(u)*le_6,
a = u(l)-X(:,l); b = u(2)-X(:,2); c = u(3)-X(:,3);
fak = sqrt(a.*a + b.*b + c.*c);
J = [a./fak b./fak c./fak -ones(size(a))J;
f = fak -u(4);
h = -J\f;
u = u + h;
end;
z = u(l:3); r= u(4);
212
max = norrn(f, inf); ave = mean(abs(f)); sdev =
std(abs(f));
end % sphere
Data points saved as MATLAB executable file.
function [z, r, max, aye, std] = fitdat %
% MARC exported data with call to sphere fitting
algorithm
% no inputs
% outputs are z, r: centre and radius of sphere










% matrix of co-ordinate data
% Starting value for
% starting value for radius






Appendix B: Geometric Correction Factor
The specimen strain, a,, measured by cross head displacement, ötota/ for a specimen of
length L is given:
Cp = ötotai/L
(B.!)




The total displacement is the sum of the displacements that occur due to strain in the
gauge section, ägge, in the shouldered sections, ösh, and in the end sections which
protrude from under the grips,
The displacement occurring in the shoulder sections can be detennined as follows:
Lg	 Ls	 Le
]We
Figure B.1 Test specimen defining variables and co-ordinate system.
The equation describing the width, w, of the specimen for 0 <x < L5 (Figure B.l) is:
w=2 [R+ V/J2—(R2+x2)]
(B.3)
Therefore the displacement occurring as a result of applied force P in the shoulder
section, thickness t and Young's modulus E is:
=J_=_ f[R ^ wc 12(R 2 +x2)]d0 Ewt 2Et0
(B.4)
This expression may be integrated numerically using Simpson's rule. The other






= '5 gauge + 26Sh + 2(5 k r2Lg 1
(2L5 + 2L ^ 2Le ) [ögauge I
(B.7)










Appendix C: Considère's Criterion
Consider a tensile bar of plastic material, with instantaneous cross sectional area S,
and length L. A strain, s, is applied giving rise to a load, P. Assume that the material
deforms with constant volume, V0 such that SL V0 throughout.
The nominal stress is a = P/So, where S0 is the cross sectional area of the unloaded
bar. This is related to the true stress, a = PIS:












dP/da = Sda/dc + adS/dE
But
dS/dc = 4S/( 1+c)J/dE = -So/( I + E)2 = -S/( I + E)
So
dP/dE = S(daldE - a/( 1 + c))
= S(da/dE - a)




















The socket of the hip joint.
The cause of a disease.
The immobilisation ofajoint allowing the bones to fuse.
Inflammatory disease of the joints.
Disease of the joints.
Degenerative, non-inflammatory, disease of the joints.
Materials used in devices having intimate contact with living
tissue.
The study of the mechanical behaviour and properties of living
systems.
Cells found in cartilage responsible for synthesis of matrix.
A set of patient characteristics that rule out a particular
treatment.
A hip joint with a developmental abnormality.
Computer based numerical solution of stress states in complex
structures by their discretisation into simply shaped elements.
The long bone of the thigh.
A particular course of treatment is indicated by a set of patient
characteristics.
The restoration of function and relief of pain arising from
(childhood) musculoskeletal disease or injury.




Abnormal bony growths frequently found on the periphery of
articular surfaces in osteoarthrosis.
Osteotomy
	
The rotation and relative displacement of cut sections of bone.
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Primary, idiopathic Osteoarthrosis that is not caused by another condition or
osteoarthrosis 	 disease process.
RSA - Radio	 A technique using X-ray pictures taken from two viewpoints to
Stereometric	 determine the relative three-dimensional positions of implants
Analysis	 and bones (formerly Röntgen Stereophotogrammetric
Analysis).
Subchondral bone	 The bone underlying cartilage surfaces in synovial joints.
Anatomical Frame of Reference




Figure D.1 Anatomical planes and directions (Martini, 1995).
In addition to the terms defined in Figure D. 1, the following are often required:
Proximal	 A direction on a limb: closer to or towards the body.
Distal	 A direction on a limb: further away from the body.
Medial	 Towards the central sagittal plane.
Lateral	 Away from the central sagittal plane.
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A SURVEY OF THE MORPHOLOGY OF THE BONY SURFACE
OF THE ACETABULUM
M.S.	 T. Dawson2, M.D. Northmore-Ba11 3, K.E. Tanner'
'.IRC in Biomedical Materials, QMW College, London
2 Department of Human Anatomy, University of Liverpool
. Robert Jones and Agnes Hunt Orthopaedic Hospital, Oswestry
The bony surfaces of 20 pelves were scanned using a 3D laser surface scanner and
CyDir software on a Silicon Graphics workstation. The acetabular area was selected
and point data from the approximately spherical bone surface saved to a text file. This
file was input to a Matlab routine that calculated the radius and centre of the best-fit
sphere. The goodness of fit was estimated using the mean and standard deviation of
the distance of the bone surface points from the sphere surface. Eight points at
approximately equal distances around the acetabular rim were selected with reference
to bony landmarks. A plane containing three of these points served as an orientation
reference. Vectors between the eight rim points and the centre point of the best-fit
sphere were calculated. These angles charactense the extent of the surface of a sphere
that the articular surface of the acetabulum comprises by defining the angle subtended
by the acetabular rim at the centre of rotation of the hip. This angle, along with the
ratio of articular surface diameter to femoral neck diameter, sets an upper limit on the
range of motion at the human hip joint. These angles are important parameters in the
design of the acetabular component of a hip replacement, and in particular for the
design of a resurfacing hip replacement for which the volume available is tightly
constrained.
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Anthropometric studies of the human acetabulum and resurfacing design
M.S. Thompson I,2, T. Dawson 2 M.D. Northmore-Ball 2 K.E. Tanner
1. IRC in Biomedical Materials, QMW College, London
2. Robert Jones and Agnes Hunt Orthopaedic Hospital, Oswestry
A conservative resurfacing hip replacement must be shaped to fit the existing bony
surfaces to enable optimal use of implant material and minimal removal of bone.
Early resurfacing designs did not conserve acetabular bone and many failed through
impingement of the femoral neck on the acetabular component. This study
characterised the extent of the acetabular articular surface using the angles subtended
by the acetabular rim at eight equispaced points. The maximum range of motion at the
human hip joint is determined by these angles and the femoral head neck ratio. A
Matlab routine was used to calculate the best-fit sphere to the laser surface scans of 18
acetabula. The goodness of fit of the bone surface to the sphere was estimated. The
overall mean angle was 158° (range of mean angles 145° - 173°). The mean angle in
the anterior-posterior direction (i.e. that controlling flexion-extension) was 152° and
the largest individual angles, some exceeding 1800, were in the superior-inferior
direction. Males had larger subtended angles than females, although the difference
was not statistically significant. A simulated conservative reaming operation increased
all angles by approximately 100. Current resurfacing designs subtend between 160°
and 180°. In addition to determining the proper subtended angle of a conservative
acetabular resurfacing component, these data provide constraints on the acetabular
fixation system since a component significantly less than hemispherical cannot be
secured with an interference fit.
221
THE USE OF POLYACETAL AS AN ORTHOPAEDIC IMPLANT MATERIAL
M. S. Thompson" 2, M. Patel', M. D. Northmore-Ba11 2, K. E. Tanner'
1. IRC in Biomedical Materials, Queen Mary and Westfield College, London UK
2. Unit for Joint Reconstruction, Robert Jones and Agnes Hunt Orthopaedic Hospital,
Oswestry, Shropshire UK
Introduction: The engineering plastic polyoxymethylene, also known as polyacetal, has a thirty
year history as an implant material. Applications include heart valve occiuder disks and finger
joint prostheses. In joint replacement it has been used for the acetabular component in the
Christiansen hip replacement, in the composite femoral stem of the Isoelastic Hip and as the
femoral component in the Freeman all-polymer knee replacement. The large quantities of
polyacetal wear debris generated by the Christiansen hip provoked bone resorption giving poor
clinical results [1]. The poor results of the Freeman all-polymer knee replacement and of the
Isoelastic hip were attributable to sterilisation and cementless fixation issues rather than to the use
of polyacetal [2].
Polyacetal has a stiffness of 2.5-3 GPa, lying between that of cortical (17 —25 GPa) and cancellous
bone (100 - 500 MPa). Therefore a polyacetal orthopaedic implant will eliminate the problem of
stress shielding caused by the use of much stiffer metals Co-Cr (240 GPa), stainless steel (210
GPa) and Ti (120 GPa). A hip wear simulator study showed a reduction of 23% in total wear
volume with a UHMWPE counterface when using a polyacetal replacement compared with a
similar Co-Cr replacement [3]. Characterisation of polyacetal in hip and heart valve implants
retrieved after up to 20 years using FTIR, viscometry and chromatography indicated that no
systematic degradation had taken place under exposure to body fluids [4], although mechanical
testing was not carried out. The present study was undertaken to characterise the effects of fluid
uptake on the mechanical properties of polyacetal obtained from different manufacturers.
Materials and methods:
A preliminary study measured the change in mass with time of 1 mm thick polyacetal homo- and
co-polymer samples immersed in pure distilled water at 3 7°C. Once equilibrium was reached the
samples were dried again at 37°C and the change of mass followed. Plotting the mass uptake at
time t (Me) divided by the equilibrium mass uptake (M) against time allowed the calculation of




where I is the thickness of the sample.
Results: The diffusion coefficients measured in the preliminary study were as follows:
absorption: 4.7 x 10.12 m2s' (SD 3.7 x 10.13), desorption: 8.0 x 10.12 m2s 1 (SD 5.7 x 10's).
The mean equilibrium water uptake was 0.65 wt% (SD 0.0 17).
Discussion and conclusions: The water absorption and desorption diffusion coefficients for many
polymers differ, but not usually by as much as a factor of two. This may be due to differences in
the mechanisms for water desorption and absorption. The polyacetal diffusion coefficients are of
the same order as those of PMMA [5]. An important property of an orthopaedic implant material is
resistance to degradation from long term exposure to body fluid. The equilibrium water uptake of
UHMWPE is much smaller (<0.01 wt%) than that of polyacetal. However long term retrieval
studies show good resistance to chemical degradation. Future work will evaluate the changes in
polyacetal tensile stiffness and yield stress following immersion in Ringer's solution.
References
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FEA in the design of a novel hip resurfacing prosthesis
M. S. Thompson"2, M. D. Northmore-Ba112 and K. E. Tanner'
'IRC in Biomedical Materials, Queen Mary and WesCfield College, London El 4NS, UK 2Unir for Joint
Reconstruction, Robert Jones andAgnes Hunt Orthopaedic Hospital, Oswesery, Shropshire SYJO 7AG, UK
Introduction
Resurfacing hip replacements are a bone conserving
alternative to conventional stemmed hip replacements
intended for the younger, more active patient. The surface
layer of diseased cartilage and bone is removed and the head
reshaped to accept a cup prosthesis. A smaller amount of
natural material is replaced by artificial material, the loading
of the proximal femur is nearer physiological and the revision
options are similar to those available at primary hip
replacement.
Recently there has been a renewal of interest in the
concept, largely abandoned in the mid I 980s, and now there
are at least three metal-on-metal designs in clinical use [1].
These designs have not been supported by fmite element
studies of their effects on the stresses in the supporting bone,
which have been shown to be predictive of early implant
migration and loosening [2]. This work compares these
devices with those of a novel all polymer design using three
dimensional finite element analysis and determines the
optimal fixation system for the novel acetabular component.
Materials and methods
A preliminary study using a simple axisymmetric model of the
resurfacing concept demonstrated its feasibility and
highlighted regions of interest.
The three dimensional models of the femur [2] and the
pelvis [3] had been developed previously from CT data by
other authors. The pelvic model included variable cancellous
bone stiffness and variable cortical shell thickness. The
resurfacing FE model was developed, meshed and combined
with the bone models using LDEAS and Hypermeshtm on a
Silicon Graphics workstation. The resurfacing geometry was
partly determined from anatomical parameters measured
previously. Analysis was performed using ABAQUS 5.8,
and post processing using ABAQUSIP0stTM.
Fig. 1: The pelvis model developed by Dalstra [3]
Material models
All implant materials (UHMWPE, POM, PMMA, Co-Cr) and
cortical bone were modelled as isotropic elastic materials.
Cancellous bone was modelled as an isotropic elastic-perfect-
plastic material. The yield stress is related to the stiffness by
the following equation [4]:
a=O.Ol5E+0.I93	 (1)
Loading and Boundary conditions
26 muscles crossing the hip joint were included in the model.
Eight load steps modelled muscle forces at eight points during
the gait cycle. The distal end of the femur and the sacro-iliac
joint surfuce were built in and symmetrical boundary
conditions applied to the symphysis pubis.
Analyses performed
The pelvic and femoral meshes were "implanted" with
prostheses with materials combinations as defined below and
the results compared with those of the intact bones.
Table 1. Prosthesis material combinations
analysis	 femoral material	 acetabular material
POM (+PMMA) UHMWPE
2	 Co-Cr (+PMMA) Co-Cr
3	 Co-Cr (+PMMA) UHMWPE
All these simulations assumed fully bonded bone-implant
interfaces. A second set of simulations were performed
selectively releasing areas on the acetabular component-bone
interfuce. Pinned areas of interface represent fixed parts of the
implant, e.g. by pegs, and the relative motion at released nodes
was determined. The positions and shapes of the fixed areas
represented three fixation systems: two supero-lateral fins,
central peg with radial splines and infero-medial pegs.
Results
The preliminary axisymmetric analysis showed that compared
to the POM on UHMWPE implants, the Co-Cr on Co-Cr
implants resulted in stress shielding of the cancellous bone in
the pelvis and femur. This was combined with stress
concentration in the bone supporting the edge of the femoral
component, the von Mises stresses here exceeded 26 MPa.
Discussion and conclusions
These results demonstrate the improved physiological loading
of the proximal femur obtained with a polymer-on-polymer
resurfacing. The relative motions at the implant-bone interface
must be below 100 j.Lm for fixation by bony ingrowth. A
future study using holographic interferometiy of implanted
cadaveric femora should provide appropriate validation.
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e bony surfaces of 18 archaeological hemipelves were scanned using a 3D laser surface scanner and CyDir software on
icon Graphics workstation. The acetabular area was selected and point data from the approximately spherical bone surface saved.
e data were input to a MATLAB routine that calculated the radius and centre of the best-fit sphere. The goodness of fit was
ated using the mean and standard deviation of the distance of the bone surface points from the sphere surface. Eight points, at
oximately equal distances around the acetabular rim, were selected with reference to bony landmarks. A plane containing three of
points served as an orientation reference plane. The vectors joining the eight rim points to the centre of the best-fit sphere were
d. The angles between these vectors and the normal to the reference plane were calculated. Paired angles were summed to give the
e subtended by the acetabular rim in four directions. The overall mean angle was 158° (range of mean angles 145°-173°). The
st individual angles, some exceeding 180°, were in the superior-inferior direction, while the mean angle in the anterior-posterior
:tion, i.e. that controlling flexion-extension, was 152°. Males had larger subtended angles than females, although the difference was
statistically significant. Simulated reaming increased all angles by approximately 10°. The subtended angles are important
meters in the design of the acetabular component of a hip replacement and particularly important in resurfacing hip replacement
the volume available is tightly constrained. © 2000 Elsevier Science Ltd. All rights reserved.
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Introduction
he long-term fixation of the acetabular socket has
me one of the most important problems in total hip
acement (THR) today (Harris, 1995; Paavolainen et
1995; Wroblewski et al., 1999). Loosening of the
:abular component alone, while the femoral compon-
remained well fixed, accounted for over 30% of all
sions in Finland from 1990 to 1994 (Paavolainen et
1995). In particular, higher activity levels and higher
dence of RA, with poor-quality acetabular bone
k, lead to lowered acetabular survivorship in young
ents (Sharp and Porter, 1985; Kobayashi et al., 1997).
ie stock is destroyed by the loosening process result-
in more difficult revision procedures and poorer
;omes (Wroblewski et al., 1999).
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A bone-stock-preserving prosthesis, intended for use in
young patients, is the resurfacing replacement. A resur-
facing operation leaves the femoral neck and head intact,
replacing only the diseased surfaces of the femoral head
and acetabulum. Many resurfacing designs have been
documented, but the concept was largely abandoned in
the 1980 s due to high early failure rates (Freeman et al.,
1975; Amstutz et al., 1978; Capello et al., 1978; Wagner,
1978; Townley, 1981). One problem is the relatively small
volume into which the components must fit. This was not
appreciated by some early designers and the femoral
head and neck were preserved at the expense of acetabu-
lar bone stock (Amstutz, 1983). In order to design
a bone-conserving resurfacing replacement it is necessary
to know the detailed shape of the bony surfaces of the hip
joint.
While the morphology of the proximal femur is well
characterised (Clark et al., 1987; Noble et al., 1988; Hus-
mann et al., 1997; Sugano et a)., 1999) the shape of the
acetabulum has received less attention. It is generally
agreed that the cartilage surface of the acetabulum is
1-9290 00/5 - see front matter © 2000 Elsevier Science Ltd. All rights reserved.
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Fig. I. Subtended angle (0) and its effect on range of motion.
ght!y ellipsoidal with its major axis in the superior
inferior direction (Greenwald and O'Connor, 1971;
kstein et al., 1997). The bony surface of the acetabulum
LS been studied (Rushfeldt et al., 1981), but only in two
bjects, both of whom showed signs of osteoarthrosis.
e study concentrated on mapping local surface devi-
ions from the spherical. There are conflicting defini-
ns of such fundamental parameters as the orientation
the acetabulum (Murray, 1993).
Consideration of the effect of an acetabular implant
on range of motion (Fig. 1) shows the importance of
e subtended angle. This angle (together with the head-
-neck ratio) defines the angle through which an im-
nted hip can move. A set of subtended angles is
uired to characterise the irregular shape of the natural
etabulum. Before the subtended angle can be mea-
red, it is necessary to know the position of the centre of
tation of the acetabulum.
Given the prevalence of acetabular loosening, the need
conserve acetabular bone in young patients, for whom
large diameter resurfacing hip is intended, and the
± of detailed morphological knowledge the present
idy set out to characterise the shape of the human
etabulum. This aim was achieved by measuring four
gles subtended at the centre of hip rotation by the
etabular rim. Further, the acetabular reaming operation
rried out during hip replacement was simulated and
lowing this the subtended angles were re-calculated.
Materials and methods
ie analysis was carried out on the digitised 3D laser
ce scans of 18 hemipelves. This technique uses the
ted light from a laser line scanned across the solid
ce to build up a 3D computer image. The scans were
ipulated using CyDirTM software on a Silicon
)hics workstation. Eight were female, nine male and
was of undetermined gender. The most common
iated age range at death was 25-35 years, with the
;t range 41-67 and the youngest 16 +.
The bones came from two archaeological sites in
Gloucester (periods 43-410 AD and 1066-1500 AD) and
one came from the pathology laboratory in the Robert
Jones and Agnes Hunt hospital. Heights estimated from
the length of the femur (Trotter and Peterson, 1970)
ranged from 1.49 to 1.81 m with a mean of 1.62m. There
were 12 right and six left hemipelves, including one right
and left pair. None of the hemipelves showed signs of
degenerative joint disease, although many were broken,
the most common sites being the pubic ramus and the
anterior horn of the lunate surface. Biographical details
and the condition of each hemipelvis are listed in Table 1.
The scanned hemipelvis data files were in ASCII format
and consisted of a list of nodal co-ordinates and a list of
element connectivities.
The files were converted to an ASCII format that
MENTAT, the solid modeller pre-processor for MARC
(MARC Analysis Corporation, Palo Alto, CA, USA),
could read using a QuickBasic routine. Once loaded and
displayed in the solid modeller the nodes and elements on
the acetabular articular surface were chosen and output
as a separate file. The co-ordinate data from this file were
extracted using QuickBasic and saved as a MATLAB
executable file. A short MATLAB routine (see the appen-
dix 1) was implemented to fit a sphere to the nodal
co-ordinate data in the acetabular shell. The mean posi-
tion vector of the set of nodal co-ordinates and its magni-
tude were used as first approximations for the centre
co-ordinates and radius. The routine then used an iter-
ative Newtonian method to reach a better approxima-
tion, minimising the square of the distance from the
sphere's surface to the data set nodes. The best-fit sphere
centre co-ordinates, radius and maximum, mean and
standard deviation of the error were output.
Eight approximately equidistant points around the
acetabular rim were picked at anterior, posterior, su-
perior and inferior locations and the quarter points be-
tween these (Fig. 2). Four distant bony landmarks
(anterior superior iliac spine, posterior superior iliac
spine, ischial tuberosity and pubic symphysis) and two
peri-acetabular landmarks (anterior and posterior horns
of the acetabular rim) were used to orient the specimens.
In five hemipelves the anterior horn of the acetabular rim
was broken so no point was picked in this region. The
superior, posterior and inferior (points 3, 5 and 7) points
were used to define the acetabular opening plane except
in three pelves where the rim was damaged at the inferior
position (point 7). The angles between the rim-centre
vectors and the opening plane normal were calculated.
The subtended angle in any plane through the centre of
rotation is the sum of two of these angles. Therefore,
four different subtended angles were calculated. Table 2
shows the relationship between the rim points, bony
landmarks, the directions in which the subtended angles
were measured and anatomical directions. The error in-
trod uced by the manual placement of the rim points was
Subject	 Side	 Estimated






































































2. Locations of points on acetabular run, showing rim-centre
rs (1 anterior, 3 superior, 5 - posterior, 7 - inferior).




ographica1 data and condition of hemipelves. PS pubic symphysis, IT ischial tuberosity, ASIS anterior superior iliac spine, PSIS posterior superior




1.81	 PS, IT and AH missing
-	 PS missing
1.49	 Complete
1.61	 PS and AH missing








1.65	 PS and AH missing
1.52	 Complete
1.77	 PS and AH missing
1.60	 Complete
-	 Complete
sessed by picking new positions for a point 5mm on
her side of the original and recalculating the subtended
gle.
The conservative reaming of an acetabulum was
ulated and then the subtended angles re-calculated.
conservative reaming operation was defined as follows:
The acetabulum is first deepened medially to the "true
or", increasing the reamer size until the anterior and
sterior rim are just grazed. The reamer is then pushed




Rim	 Landmarks	 Approximate anatomical direction
points
I and 5 Anterior horn of 	 Anterior-posterior
lunate surface
2 and 6 -	 Supero-anterior-infero posterior
3 and 7 Anterior iliac crest	 Superior-inferior
and posterior horn of
lunate surface
4 and 8 Acetabular notch	 Infero-anterior-supero-posterior
This operation was simulated by selecting one node on
the floor and one on the rim and moving the best-fit
sphere centre medially and superiorly until its surface
contained these points.
The angles between rim-centre vectors and the opening
plane normal were then re-calculated for the reamed
acetabulum and a theoretical maximum removed bone
volume calculated. This simulation was not performed
on three of the hemipelves which did not have complete
acetabular floors.
Significant differences between groups of diameters
and groups of subtended angles were assessed using
a two-tailed f-test assuming unequal variances.
3. Results
The diameters of the spheres fitted to the acetabula
ranged from 43.7 to 58.2 mm. The overall mean diameter
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Articular surface diameter
This study This study This study Clarke 1975 Clarke male Clarke	 Sugano Noble 1988
male	 female	 (N=114	 female 1999 (N=32 (N=200
femora)	 femora)	 femora)
Fig. 3. Acetabula diameters and gender differences compared with the literature.
he mean diameter of the male acetabula was 52.9mm
.D. 1.7mm), of the female 49.0mm (S.D. 1.45 mm) and
us difference was significant (p = 0.02). These figures are
Dmpared with published values of femoral head dia-
teters in Fig. 3 (Clarke and Amstutz, 1975; Noble et al.,
88; Sugano et aL, 1999). The mean acetabular diameter
i this study was 3-6mm larger than the reported mean
moral head diameters. The data from Clarke and Am-
:utz show a similar difference between male and female
iameters of c. 4mm.
There was a c. 2mm difference in diameter between the
ft and right acetabula of the only paired bones, but
iere was no significant difference between right and left
etabula groups (p = 0.58). The mean diameter of the
orman period (1066-1500 AD) acetabula was 3mm
rger than that of the Roman period (43-410 AD), how-
ver the difference was not significant (p = 0.20). The
roup mean of the mean deviation from each fitted
)here was 0.6mm and the group mean of the maximum
eviation was 3 mm, while the maximum deviation for
ny acetabulum was 6 mm. Visualising the set of nodes to
'hich the sphere was fitted together with the best-fit
)here allowed qualitative assessment of the size and
gion of the deviations. In general, the anterior and
osterior regions of the articular surface lay just within
te sphere, while the superior part of the surface lay
The acetabular diameter plotted against the estimated
ight (Fig. 4) shows a strong correlation (R2 = 0.5994).
ie estimated height is calculated from the maximum
gth of long bones using the regression formula re-
rted by Trotter and Peterson (1970).
When male and female diameters were plotted separ-
ately against height a stronger relation between male
diameter and height than female diameter or combined
diameter and height was seen. However, the small size of
the sample groups (seven in each group) prevents any
firm conclusions from being drawn.
3.1. Subtended angles
The mean subtended angles in each of four directions
- anterior to posterior, supero-anterior to infero-poste-
rior, superior to inferior and infero-anterior to
supero-posterior - are shown in Fig. 5. The error bars
represent one standard deviation. The only subtended
angles larger than 180° were in the superior - inferior
direction, the maximum being 188°. One acetabulum had
a supero-anterior - infero-posterior angle of 180°, but the
remaining acetabula had substantially smaller angles in
this direction. The minimum subtended angle, 128°, was
in the infero-anterior - supero-posterior direction of the
acetabula of a male subject of above average height. The
mean subtended angle for each acetabulum, a measure of
its depth, ranged from 145 to 173°, with a mean of 158°.
The estimated error in a subtended angle introduced by
manual picking was less than 1°.
Also shown in Fig. 5 are the differences between the
male and female groups. Males had slightly larger subt-
ended angles, and hence deeper acetabula, than females
although the difference was not significant (p = 0.19). In
males the acetabular notch was slightly deeper and hence
the inferior-superior angle was smaller. The gender
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g. 5. Acetabular subtended angles in four directions. Overall mean and mean male and female compared. Error bars show one standard deviation.
ifference of 6.7°), but below one standard deviation	 approximately 100. The mean estimated bone volume
7°). The mean subtended angle showed no correlation 	 removed was 7400mm 3 (2200-14,400 mm3). The gender
th the estimated height, or with estimated age at death. 	 differences for the reamed acetabula were similar to those
for unreamed acetabula.
2. Reaming simulation
The mean distance moved medially and superiorly by
	
4. Discussion
e centre of the sphere during the simulated reaming
eration was 3.6mm (1.2-5.4mm). Fig. 6 shows that the
	
The sphere fitting results show that the lunate surface
btended angles in each direction were increased by 	 of the acetabulum lies on a good approximation to the
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Reamed Subtended Angles
Direction
Fig 6. Acetabular subtended angles in four directions after simulated reaming. Error bars show one standard deviation.
ace of a sphere. Rushfeldt et a!. (1981) reported
5mm maximum deviation from spherical of the acet-
Jar subchondral bone. The locations of these dcvi-
ns were idiosyncratic. They only measured two
imens, aged 62 and 49 years, both of which showed
is of degenerativejoint disease. It has been shown that
become more spherical with age (Bullough et aL,
8) and congruency is associated with joint disease
Eisenhart-Rothe et al., 1997), so larger deviations in
younger healthy population presented here are to be
ected. However the largest deviations are due to the
taken inclusion of nodes peripheral to the articular
The acetabulum has been reported previously to be
ipsoid (Greenwald and O'Connor, 1971; Eckstein et al.,
97; von Eisenhart-Rothe et al., 1997). These studies
ye all considered the contact between femoral head
Ld acetabular articular surfaces and shown that there is
area in the dome (superior sector between points
and 5) of the acetabulum which is not load bearing
cept at high joint loads. This is consistent with the
ipsoidal acetabulum with reduced anterior-posterior
d increased inferior-superior axes described in the
esent paper. The bony surface may be even less spheri-
I than the cartilage surfaces studied previously since
mean deviation from spherical of 0.6mm measured
re implies a far larger gap in the dome than the mean of
1 mm (0.06-0.75 mm) measured by Eckstein et a!.
The range of sizes and difference between the genders
rresponds well with the literature on femoral head sizes
an intervening 2-3mm thickness of cartilage on each
rface is included. This correspondence also helps to
confirm the sexing of the hemipelves, which in archae-
ological remains is subject to some uncertainty. Lack of
significance in the differences between groups of acet-
abula such as that between the Norman and Roman
groups may only reflect the small sizes of the sample
groups.
The hemipelves studied here are those of modern
homo sapiens (Aiello and Dean, 1990) and although
differences in lifestyle may have an impact on their mor-
phology the hemipelves are comparable with present day
populations. It is important to note that hip replacement
candidates include people with a wide diversity of life-
styles. The correspondence between measured acetabular
diameter and published values of femoral head diameter
helps to confirm the validity of this comparison.
The main sites of damage to the hemipelves were the
pubic ramus and the anterior horn of the acetabular rim.
Three bony landmarks were always available to provide
adequate orientation. In five cases the anterior horn of
the rim was absent and no rim point 1 could be assigned
therefore no anterior-posterior subtended angle was cal-
culated, increasing the uncertainty in the value of this
angle.
These subtended angles provide new information on
the morphology of the acetabulum. The first point to
note is the large variation in acetabular depth. The mean
acetabular subtended angle is 158° with a range of 28°.
This variation may be seen as part of a spectrum that
begins with acetabula so shallow that the hip is unstable
(congenital dislocation of the hip). A second point is that
some subtended angles are greater than 180°. These lar-
gest angles are exclusively in the superior-inferior direc-
tion, limiting the ad- and abductive motion of the femur.
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e rim points were chosen to lie near maxima on the
rtabular rim, ensuring that the subtended angles mea-
red are the maximum for the acetabulum. The small
terior-posterior subtended angle reflects the large
ige of motion in the flexion-extension plane. The
west subtended angle, that measured between the
pero-posterior quadrant and the acetabular notch,
uld effectively be larger in vivo due to the presence of
transverse acetabular ligament.
It is interesting that Rushfeldt et al. (1981) suggest that
best-fit sphere to the acetabular cartilage surface lies
dially and anteriorly to that of the best fit sphere to
subchondral bone. The consequence of this and of the
ger subtended angles would appear to be curtailment
the range of motion of the femur. However, it is
portant to note that the largest angular motions pos-
le include a large component of rotation about the
is of the femoral neck which is limited solely by the
rtabular ligaments and musculature.
No measure of the portion of a sphere that the acet-
ular surface occupies has been documented previously.
re measure proposed here, the subtended angles, are
perfect. Firstly they are discrete measurements, taken
four directions between eight points across the acet-
ular rim. The points were chosen carefully to reflect
nilar positioning with respect to landmarks such as the
ic crest and the anterior and posterior horns of the
iate surface, while the smoothness of the rim ensures
it the error from variation in relative position is less
in 10. Secondly, the opening plane normal is defined by
ee of the rim points and is, therefore, an arbitrary
•ection. However, by using subtended angles as
neasure, rather than the individual rim-centre vector to
rmal angles, the variation introduced by the choice of
opening plane normal should be eliminated.
rhe simulated reaming operation may be taken as
guide to the change of shape that the acetabulum
dergoes at hip replacement. The points in the floor and
the rim that define the simulated reaming operation
arbitrarily chosen. The simulation is unrepeatable
d unreproducible. However, the uniform increase of
mean subtended angles in all directions by 100, leav-
a cavity that is still less than hemispherical, is an
portant result.
The observation made by Townley (1981) that males
ye thicker acetabular walls and smaller head-to-neck
;ios and females have thinner acetabular walls and
ger head-to-neck ratios is interesting when related to
gender differences reported in this study. Small head-
neck ratios in males will further reduce the range of
)tion already limited by large subtended angles, while
ge head-to-neck ratios will further increase range of
)tiOfl in females. The different orientations of the acet-
ulum and femoral neck in males and females, not
isidered in this study, may account for these apparent
crepancies, although Reikerãs et al. (1983), in a CT
study, found no gender difference for anteversion of the
femoral neck and acetabulum.
5. Implications for resurfacing design
The parameters measured in this survey affect the
shape and thickness of a conservative resurfacing both
directly and indirectly. First the acetabular subtended
angle has a direct effect upon the subtended angle of the
acetabular component. Acetabular cups which overhang
thQ acetabular rim are associated with impingement,
early loosening and increased wear (Cotella et al., 1990;
Wiadrowski et al, 1991). The fixation surface of the
resurfacing acetabular cup therefore must conform to the
subtended angles of the reamed acetabular rim.
The subtended angle of the bearing surface of the
acetabular component should reflect the subtended
angles of the unreamed acetabulum if the component is
not to restrict range of motion, or give rise to impinge-
ment. Several resurfacing designers reduced the subt-
ended angle of the acetabular component following
early experience with their implants (Amstutz et al., 1986;
Capello and Trancik, 1981). The ICLH resurfacing acet-
abular component was first reduced from 180 to 168° and
then to 140° (Cotella et al., 1990). While a reduced angle
will reduce the possibility of impingement, some authors
report the importance of covering all exposed cancellous
bone with implant material to prevent ingress of wear
debris and joint fluid (Schmalzried et al., 1994) which has
been shown to initiate bone resorption and implant
loosening (Aspenberg and Van der Vis, 1998).
The diameter of the bearing surface of the resurfacing
prosthesis must not exceed that of the original cartilage
bearing surface. If it were larger then more acetabular
bone would have to be reamed than necessary to insert the
implant. An increased bearing surface diameter would also
decrease the thickness available for the acetabular
component, leading to material strength and fatigue
problems. The lower limit on the bearing surface dia-
meter is determined by the thickness of the femoral neck.
If the ratio of the bearing surface to the femoral neck
diameter is reduced too far, the range of motion of the hip
will again be restricted and impingement will occur.
Thus the subtended angles of the reamed and un-
reamed acetabulum lie at the top of a long chain of
related design decisions. The challenge of designing
a new conservative resurfacing hip prosthesis will be to
address the problem of the large variability in shape of
the acetabulum.
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MATLAB sphere fitting routine adapted from Gander
al. (1994).
function[z, r, max, aYe, sdev] = sphere (X z, r);
%sphere Geometric sphere fit
% [z,r] = sphere (K, z, r);
% fits the best sphere by nonlinear least squares
% for true geometric distance
% X given points <X(i,1), X(i,2), X(i,3)>
% z, r starting values for sphere solution
% z, r parameters for sphere found
u = [z(1), z(2), z(3), r]'; 	 %starting values
h = u;
while norm(h) > norm(u)*le —6,
a = u(1) - X(:,1); b = u(2) - X(:,2);
c = u(3) - X(:,3);
fak = sqrt(a.*a + b.*b + c.*c);
J = {a./fak b/fak c./fak -ones(size(a))];
1= fak -
h= -J\J
u = u + h;
end;
z = u(1:3); r = u(4);
max = norm(J ml); ave = mean(abs(f))
sdev = std(abf));
end % sphere
Data points saved as MATLAB executable file.
furiction[z, r, max, aye, std] = fitdat %
% MARC exported data with call to sphere fitting
algorithm
no inputs
% outputs are z, r centre and radius of sphere
% ensure MATLAB is in correct dir





1 = su./si(1);	 % starting value for position vector
1 = sqrt(z1z1')	 % starting value for radius
z r, max, aye, std] = sphere(A, zi, rl)	 %call
% fitdat
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